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Abstract
Due to the global shortage of heart transplants and the rising instance
of cardiovascular disease, mechanical replacement and assistance for
the failing heart is a growing field of medical engineering and heart
failure therapy.
Total Artificial Hearts (TAHs) are mechanical pumps which can be
used to replace the failing natural heart. Traditionally, these devices
have been positive displacement pumps which provide pulsatile flow
similar to the natural heart. However, rotary pumps have a num-
ber of advantages over these pulsatile devices due to their small size,
durability and efficiency. To increase the life expectancy and blood
compatibility of these devices, hydrodynamic and magnetic levitation
techniques are used in rotary blood pump devices to provide contact
free operation.
This study investigated the development and optimisation of a mag-
netic levitation system for use in a novel rotary TAH as well as a
physiological control system that can balance and regulate the out-
put device.
The novel TAH features two continuous flow centrifugal pumps within
a single device, providing perfusion to the systemic and pulmonary
systems. Variation of the left and right pump outputs is achieved
through both the axial movement of the dual centrifugal impeller rotor
and with rotational speed changes. The device utilises a magnetic
levitation system to provide both contact free operation as well as
active control over the axial position of the rotor.
Design and optimisation of the magnetic levitation system for the
device requires a detailed understanding of the forces and dynamics
of the device. Empirical and analytical investigation of the pump
and levitation system was performed to determine the magnitude and
nature of the forces and to develop a mathematical model of the pump
and its dynamics.
A numerical simulation of the human circulatory system and the de-
vice was developed to assist in the optimisation of the magnetic levi-
tation system and for the development of the physiological controller.
Initially, a numerical model of the human circulatory system was de-
veloped. The mathematical model of the pump was then integrated
into the simulation to form a complete simulation of device and cir-
culatory system.
Using the mathematical model, a nonlinear analytical optimisation al-
gorithm was used to determine the best configuration for the magnetic
levitation system and control parameters of the levitation controller
to minimise the power usage of the device. The magnetic levitation
system was constructed and integrated into a prototype device and
tested in a mock circulation loop. The rotor was successfully levitated
and produced the desired hemodynamics. The levitation system pro-
vided a controllable axial movement of +/− 0.25 mm and power con-
sumption under 27 W. The movement of the impeller over this range
demonstrated a change in relative left and right pump outputs that
can be used to assist in balancing changes to the physiological system.
Due to the unique design of the device, a novel physiological con-
troller was developed to assist the device in balancing the outflow of
the left and right pump due to changes to the physiological system.
The physiological controller seeks to replicate the Frank-Starling bal-
ancing response, or preload sensitivity, that the natural heart uses
to balance blood volume and flow. To achieve this, pressure sensors
located at the inlets of the pumps were used as feedback variables to
move the rotor to the appropriate axial position. The physiological
controller was tested in the mock circulation loop against a variety of
physiological conditions. The controller was successful in preventing
potentially critical events such as inlet suction events for a wide range
of physiological conditions.
The successful design, optimization and operation of the magnetic
levitation system and prototype device represents a big step forward in
the development of this novel TAH device. The proposed physiological
controller demonstrates that this novel TAH design has the capacity
to balance and adapt to changes of the physiological system. This
small completely levitated TAH has the potential to offer long device
lifetime and better quality of life to end stage heart failure patients.
Contents
Nomenclature & Abreviations xxii
1 Introduction 1
1.1 Significance . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 2
1.2 Aims and Objectives . . . . . . . . . . . . . . . . . . . . . . . . . 4
1.2.1 Aim . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 4
1.2.2 Objectives . . . . . . . . . . . . . . . . . . . . . . . . . . . 4
1.3 Thesis Overview . . . . . . . . . . . . . . . . . . . . . . . . . . . . 4
1.4 Research Output . . . . . . . . . . . . . . . . . . . . . . . . . . . 6
1.4.1 Published Journals Papers . . . . . . . . . . . . . . . . . . 6
1.4.2 Conference Presentations . . . . . . . . . . . . . . . . . . . 7
2 Background and Literature Review 9
2.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 9
2.2 The Human Cardiovascular System . . . . . . . . . . . . . . . . . 9
2.2.1 Circulatory System . . . . . . . . . . . . . . . . . . . . . . 9
2.2.2 The Heart . . . . . . . . . . . . . . . . . . . . . . . . . . . 11
2.2.3 Cardiovascular Regulation . . . . . . . . . . . . . . . . . . 18
2.3 Heart Failure . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 21
2.3.1 Contractile Properties of Heart Failure . . . . . . . . . . . 21
2.3.2 Normal Cardiac Function and Heart Disease . . . . . . . . 25
2.4 Mechanical Circulatory Support . . . . . . . . . . . . . . . . . . . 26
2.4.1 Blood Pump Technology . . . . . . . . . . . . . . . . . . . 32
2.4.2 Hydrodynamic and Electromagnetic Bearings . . . . . . . 36
2.4.3 Total Artificial Hearts . . . . . . . . . . . . . . . . . . . . 37
vi
CONTENTS
2.5 BiVACOR . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 43
2.5.1 BiVACOR Design . . . . . . . . . . . . . . . . . . . . . . . 44
2.5.2 Previous Development . . . . . . . . . . . . . . . . . . . . 45
2.5.3 Levitation System . . . . . . . . . . . . . . . . . . . . . . . 46
2.5.4 Pump Dependence . . . . . . . . . . . . . . . . . . . . . . 46
2.5.5 Leakage Flow . . . . . . . . . . . . . . . . . . . . . . . . . 48
2.5.6 Current Prototype BiVACOR Devices . . . . . . . . . . . 48
2.5.7 Mock Circulation Loop . . . . . . . . . . . . . . . . . . . . 49
3 Analysis and Modelling of Pump Dynamics 52
3.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 52
3.2 Identification of Forces . . . . . . . . . . . . . . . . . . . . . . . . 53
3.3 Modelling Methodology . . . . . . . . . . . . . . . . . . . . . . . . 55
3.4 Leakage Flow . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 57
3.4.1 Modelling . . . . . . . . . . . . . . . . . . . . . . . . . . . 57
3.4.2 Model Validation and Data Fitting . . . . . . . . . . . . . 64
3.4.3 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . 69
3.5 Axial Hydraulic Forces . . . . . . . . . . . . . . . . . . . . . . . . 70
3.5.1 Modelling . . . . . . . . . . . . . . . . . . . . . . . . . . . 71
3.5.2 Model Validation and Data Fitting . . . . . . . . . . . . . 78
3.5.3 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . 83
3.6 Damping . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 84
3.6.1 Experiment design . . . . . . . . . . . . . . . . . . . . . . 85
3.6.2 Experiment Description . . . . . . . . . . . . . . . . . . . 87
3.7 Magnetic Bearing Forces . . . . . . . . . . . . . . . . . . . . . . . 88
3.7.1 Modelling . . . . . . . . . . . . . . . . . . . . . . . . . . . 90
3.7.2 FEM Simulation . . . . . . . . . . . . . . . . . . . . . . . 94
3.7.3 Model Validation and Data Fitting . . . . . . . . . . . . . 95
3.7.4 Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . 98
3.8 Electric Motor Forces . . . . . . . . . . . . . . . . . . . . . . . . . 99
3.8.1 Modelling . . . . . . . . . . . . . . . . . . . . . . . . . . . 100
3.8.2 Empirical Measurement of Motor Forces . . . . . . . . . . 102
3.8.3 Data Fitting . . . . . . . . . . . . . . . . . . . . . . . . . . 103
vii
CONTENTS
3.8.4 D-Q Control of the motor . . . . . . . . . . . . . . . . . . 105
3.9 Radial Forces . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 107
3.9.1 Passive Magnetic Radial Stability . . . . . . . . . . . . . . 107
3.10 Mathematical Model of Complete System . . . . . . . . . . . . . . 109
3.10.1 Centre of Gravity . . . . . . . . . . . . . . . . . . . . . . . 109
3.10.2 Magnetic Bearing Distance . . . . . . . . . . . . . . . . . . 110
3.10.3 Magnetic Bearing Force . . . . . . . . . . . . . . . . . . . 111
3.10.4 Complete Mathematical Model of Pump Forces . . . . . . 113
3.11 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 113
3.12 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 116
4 Development of a Numerical Simulation 118
4.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 118
4.2 Modelling of the Circulatory System . . . . . . . . . . . . . . . . 120
4.2.1 Modelling of Systemic and Pulmonary Systems . . . . . . 123
4.2.2 Modelling of Valves . . . . . . . . . . . . . . . . . . . . . . 127
4.2.3 Modelling of Ventricles and Atrium . . . . . . . . . . . . . 132
4.2.4 Modelling of Heart Disease . . . . . . . . . . . . . . . . . . 139
4.2.5 Optimisation and Validation of the Circulatory Model Pa-
rameters . . . . . . . . . . . . . . . . . . . . . . . . . . . . 142
4.2.6 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 146
4.3 Modelling of the Device . . . . . . . . . . . . . . . . . . . . . . . 147
4.3.1 Modelling of Cannula . . . . . . . . . . . . . . . . . . . . . 150
4.3.2 Modelling of Pump Hydraulic Characteristics . . . . . . . 153
4.3.3 Modelling of the Motor . . . . . . . . . . . . . . . . . . . . 155
4.3.4 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 158
4.4 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 160
4.4.1 Current Limitations of the Circulatory Model . . . . . . . 162
4.4.2 Current Limitations of the Pump Model . . . . . . . . . . 163
4.5 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 164
viii
CONTENTS
5 Magnetic Levitation System and Prototype Performance 165
5.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 165
5.1.1 Literature Review . . . . . . . . . . . . . . . . . . . . . . . 167
5.2 Prototype V1 . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 172
5.2.1 Prototype V1 Design . . . . . . . . . . . . . . . . . . . . . 173
5.2.2 Prototype V1 Control System . . . . . . . . . . . . . . . . 175
5.2.3 Prototype V1 Results . . . . . . . . . . . . . . . . . . . . . 179
5.2.4 Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . 183
5.3 Optimisation of the Magnetic Levitation Control System . . . . . 184
5.3.1 Optimisation Overview . . . . . . . . . . . . . . . . . . . . 185
5.3.2 Steady State Optimisation . . . . . . . . . . . . . . . . . . 187
5.3.3 Bearing Controller Design . . . . . . . . . . . . . . . . . . 193
5.4 Prototype V2 . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 197
5.4.1 Prototype V2 Design . . . . . . . . . . . . . . . . . . . . . 197
5.4.2 Observer design . . . . . . . . . . . . . . . . . . . . . . . . 199
5.4.3 Prototype V2 Results . . . . . . . . . . . . . . . . . . . . . 200
5.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 209
5.6 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 213
6 Physiological Control System 215
6.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 215
6.1.1 Physiological Control . . . . . . . . . . . . . . . . . . . . . 215
6.1.2 Control of Rotary TAHs . . . . . . . . . . . . . . . . . . . 217
6.2 Controller Development . . . . . . . . . . . . . . . . . . . . . . . 220
6.3 Controller Outline . . . . . . . . . . . . . . . . . . . . . . . . . . 221
6.3.1 Long-term Controller . . . . . . . . . . . . . . . . . . . . . 222
6.3.2 Short-term Controller . . . . . . . . . . . . . . . . . . . . . 224
6.3.3 Critical Event Controller . . . . . . . . . . . . . . . . . . . 224
6.4 In Vitro Testing . . . . . . . . . . . . . . . . . . . . . . . . . . . . 225
6.4.1 Methods . . . . . . . . . . . . . . . . . . . . . . . . . . . . 225
6.4.2 Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 227
6.5 Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 231
6.6 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 235
ix
CONTENTS
7 Conclusions and Future Work 236
7.1 Conclusion . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 236
7.1.1 Analysis and Modelling of Pump Dynamics . . . . . . . . . 236
7.1.2 Development of a Numerical Model . . . . . . . . . . . . . 236
7.1.3 Magnetic levitation System and Prototype Performance . . 237
7.1.4 Physiological Control System . . . . . . . . . . . . . . . . 237
7.2 Future Work . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 238
7.2.1 Device Model . . . . . . . . . . . . . . . . . . . . . . . . . 238
7.2.2 Numerical Simulation . . . . . . . . . . . . . . . . . . . . . 239
7.2.3 Prototype and Magnetic Levitation System . . . . . . . . . 240
7.2.4 Physiological Controller . . . . . . . . . . . . . . . . . . . 242
References 243
A Fluid flow through an annulus 268
A.1 Reynolds Number . . . . . . . . . . . . . . . . . . . . . . . . . . . 269
A.1.1 Hydraulic Diameter . . . . . . . . . . . . . . . . . . . . . . 269
A.1.2 Reynolds Number for fluid flow through an annulus . . . . 270
A.1.3 Darcy Friction Factor . . . . . . . . . . . . . . . . . . . . . 271
A.2 Darcy-Weisbach Equation . . . . . . . . . . . . . . . . . . . . . . 272
A.2.1 Pressure drop for annulus channel . . . . . . . . . . . . . . 272
B BiVACOR Pump Parameters 274
C Statistical Analysis of Model Fitting 277
D Numerical Simulation Parameters 282
D.1 Literature Review Model Vascular Parameters . . . . . . . . . . . 283
D.2 Simulation Parameter Values . . . . . . . . . . . . . . . . . . . . . 283
E Additional Physiological Controller Results 286
x
List of Figures
1.1 The flow of the project in the context of the thesis chapters. . . . 5
2.1 The circulatory system. Source Sherwood (2004). . . . . . . . . . 10
2.2 Anatomy of the heart. Source Guyton & Hall (2006) . . . . . . . 11
2.3 A Wiggers diagram of a healthy left ventricle. Source Guyton &
Hall (2006) . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 13
2.4 The Mitral and Aortic Valve. Source Guyton & Hall (2006) . . . 14
2.5 The force, Ca2+ and length relationship between cardiac and skele-
tal muscles. An increase in Sarcomere length or Ca2+ level returns
a higher tension. Source Opie (1998) . . . . . . . . . . . . . . . . 15
2.6 The effect of preload, afterload and contractility on the Pressure-
Volume relationship of the left ventricle. (a) Change of preload,
with constant afterload and elastance; (b) Change of afterload,
with constant preload and elastance; (c) Change of contractility,
with constant afterload and preload. . . . . . . . . . . . . . . . . 17
2.7 The instantaneous left ventricular pressure and volume shown in
the Pressure-Volume Diagram. The external work done by the
heart is contained within the trace of the pressure-volume rela-
tionship and is highlighted in the diagram. Source Guyton & Hall
(2006). . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 18
2.8 Left Ventricular Cardiac Output plotted against Left Ventricular
End-Diastolic Pressure (LVEDP). This diagram demonstrates the
Frank-Starling response of the heart; with higher filling pressures
resulting in a larger stoke volume (SV). Source Klabunde (2005). . 19
xi
LIST OF FIGURES
2.9 The effect of decreased contractility on the cardiac output. For
the same preload pressure (LVEDP) the failing heart produces
a significantly lower cardiac output or stroke volume (SV). This
relationship can be temporarily increased in an exercise case as
indicated by point B. However this cannot be sustained. Source
Klabunde (2005). . . . . . . . . . . . . . . . . . . . . . . . . . . . 23
2.10 Flow chart of systolic heart failure. Modified from Brashers (2006) 24
2.11 Flow chart of systolic heart failure. Source Zipes et al. (2005) . . 25
2.12 Movement of the Pressure-Volume loop for a heart failure patient.
Although the external work of the heart disease case is similar
to the healthy case the decreased contractility means there is an
increase in the end diastolic volume and consequently internal work
or potential energy (PE). Source Opie (1998). . . . . . . . . . . . 26
2.13 Flow chart of Mechanical Circulatory Support (MCS) technology. 33
2.14 CardioWest device implanted in the ventricular space. Source Syn-
Cardia Systems, inc., www.syncardia.com . . . . . . . . . . . . . 39
2.15 AbioCor implantable elements, including; thoracic unit, implanted
controller, battery and implanted TET coil. Source AbioMed, Inc.
www.abiomed.com . . . . . . . . . . . . . . . . . . . . . . . . . . 40
2.16 Exploded view of the BiVACOR device. . . . . . . . . . . . . . . 44
2.17 View of the BiVACOR magnetic suspension system. . . . . . . . . 47
2.18 Cross-sectional view of the rotor and case. . . . . . . . . . . . . . 48
2.19 Mock Circulation Loop at the Prince Charles Hospital with the
BiVACOR device. . . . . . . . . . . . . . . . . . . . . . . . . . . . 50
xii
LIST OF FIGURES
2.20 Layout of the MCL at the Prince Charles Hospital. The MCL has
the following elements; Left Atrium (LA), Mitral Valve (MV), Left
Ventricle (LV), Aortic Compliance (AoC), Systemic Flow (SQ),
Systemic Resistance (SVR), Systemic Venous Compliance (SVC),
Right Atrium (RA), Tricuspid Valve (TV), Right Ventricle (RV),
Pulmonary Valve (PV), Pulmonary Artery Compliance (PAC),
Pulmonary Flow (PQ), Pulmonary Resistance (RVR), Pulmonary
Venous Compliance (PVC). Additionally, the circuit includes a
Bronchial Shunt (BS), Valve defects (AVR & MVR) and Septal
defects (VSD & ASD). Source Timms et al. (2010). . . . . . . . . 51
3.1 Close-up of the journal bearing and step face region. Key areas,
pressures and direction of flow are indicated on the diagram. Note
that the clearance gaps are not to scale. . . . . . . . . . . . . . . 58
3.2 Fluid flow region between the rotor and the case. . . . . . . . . . 59
3.3 Laminar (Left) and turbulent (Right) flow profiles for flow through
a cylindrical pipe. Source Singh (2009). . . . . . . . . . . . . . . . 60
3.4 Effect of centrifugal force on the flow profile in the step face gap.
Source Chan & Wong (2006) . . . . . . . . . . . . . . . . . . . . . 62
3.5 Pressure drops over the fluid flow path. . . . . . . . . . . . . . . . 64
3.6 Measured pressure difference and leakage flow between the left and
right pumps. (a) Rotor speed values highlighted; (b) Rotor posi-
tion values highlighted. . . . . . . . . . . . . . . . . . . . . . . . . 66
3.7 Cross-sectional view of the BiVACOR rotor and case. The three
axial faces which will contribute to the axial force are identified. . 72
3.8 Residual of the fitted linear model against the measured values. . 74
3.9 Comparison between linear and nonlinear pressure distributions . 75
3.10 Cross-sectional view of the shaft driven BiVACOR prototype fitted
with the JR3 force transducer. . . . . . . . . . . . . . . . . . . . . 79
3.11 Measured axial force with varying SVR, PVR, rotor speed and
rotor position.: (a) Rotor speed values highlighted; (b) Rotor po-
sition values highlighted. . . . . . . . . . . . . . . . . . . . . . . . 81
xiii
LIST OF FIGURES
3.12 Theoretical force on the moving rotor. The bottom plot shows the
perturbation of the rotor’s position from 0 mm to 0.3 mm. The
velocity of the rotor due to this movement is shown in the middle
plot. The top plot shows the force on the rotor due to both the
change of hydraulic force and the damping. . . . . . . . . . . . . . 86
3.13 Results for damping experiment. The rotor was moved a distance
of 0.3 mm and the resulting force was measured: (a) Measured
force on the rotor due to movement of the rotor by 0.3 mm; (b)
Calculated damping value from each experiment; . . . . . . . . . 89
3.14 Diagram of the magnetic bearing including, stator, permanent
magnet and electromagnetic coil. . . . . . . . . . . . . . . . . . . 91
3.15 2D flux distribution of magnetic bearing with different coil cur-
rents. Generated by FEMM Software package. (a) Coil current
1A; (b) Coil current 0A; (c) Coil current -1A. . . . . . . . . . . . 93
3.16 Equivalent magnetic circuit overlaid on cross-section of magnetic
bearing. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 94
3.17 3D Magnetic FEM analysis of the 3 magnetic bearings of the BiVA-
COR device. Darker regions indicate higher magnetic field strength. 95
3.18 Measured force of an individual MB. . . . . . . . . . . . . . . . . 97
3.19 Measured Motor Force. In this experiment the torque angle was
kept at zero (δ = 0). . . . . . . . . . . . . . . . . . . . . . . . . . 103
3.20 The effect of direct and quadrature current on the motor speed and
torque. (a) Variation of the direct current does not have any effect
on the speed; (b) Variation of the quadrature current is strongly
correlated with the speed and hence torque. . . . . . . . . . . . . 106
3.21 Radial movement of the rotor at 2000 rpmin air and glycerol. . . . 108
3.22 Cross-section of the rotor with different components indicated.
The two target cores are manufactured from iron, while the rotor
core is made from stainless steel. The left and right impellers are
a polymer printed by a rapid prototyper. The permanent magnets
are neodymium type magnets. . . . . . . . . . . . . . . . . . . . . 110
3.23 Drawing of the top of the BiVACOR device showing the position
of the magnetic bearings. . . . . . . . . . . . . . . . . . . . . . . . 111
xiv
LIST OF FIGURES
4.1 Diagram of the elements of the numerical model. . . . . . . . . . . 121
4.2 Diagram of the circulatory model. The model includes; systemic
and pulmonary networks, four chamber heart, non-linear ventric-
ular elastance, nonlinear dynamic heart valves, variable intratho-
racic pressure (Pext) . . . . . . . . . . . . . . . . . . . . . . . . . 124
4.3 Diagram of individual vascular submodel. Each vascular submodel
contains a resistance (R), inertiance (L), compliance (C) and ex-
ternal pressure (Pext). . . . . . . . . . . . . . . . . . . . . . . . . . 125
4.4 Diode model of a heart value. . . . . . . . . . . . . . . . . . . . . 128
4.5 Dynamic model of the valve. . . . . . . . . . . . . . . . . . . . . . 128
4.6 Comparison between idea and dynamic valves; Top: Aortic valve
flow velocity, Bottom: Ventricular volume. . . . . . . . . . . . . . 131
4.7 Demonstration of the independence of EES to preload changes. . . 133
4.8 Activation function used in the ventricle and atrium elastance model.136
4.9 Pressure-Volume diagram displaying the end-systolic and end-diastolic
relationships. For lower filling volumes the end-systolic relation-
ship in linear, however it tappers off at higher volumes. Source
Guyton & Hall (2006). . . . . . . . . . . . . . . . . . . . . . . . . 137
4.10 Comparison between the end-systolic pressure volume relationship
with and without the scaling factor F. The scaling factor F tends
to decrease the systolic pressure for higher filling volumes make it
more realistic. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 138
4.11 Results from numerical simulation of cardiovascular system: Healthy
model; (a) Systemic pressures, (c) cardiac output and LV volume,
(e) PV loops. LV Heart failure; (b) Systemic pressures,(d) cardiac
output and LV volume, (f) PV loops. . . . . . . . . . . . . . . . . 148
4.12 Pressure drop due to fluid flow through pump cannula. . . . . . . 151
4.13 The Reynolds number for straight circular cannula with varying
flow. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 152
4.14 Comparison between laminar flow and turbulent flow models and
the measured pressure drop. . . . . . . . . . . . . . . . . . . . . . 154
xv
LIST OF FIGURES
4.15 Left and right pump HQ performance curves for the BiVACOR
device. (a) Left pump HQ performance curve for changes in rotor
speed; (b) Right pump HQ performance curve for changes in rotor
speed; (c) Left pump HQ performance curve for changes in rotor
position. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 156
4.16 Input and output power of the left and right centrifugal pumps.
(a) Left pump power; (b) Right pump power. . . . . . . . . . . . 159
4.17 Results of a movement test using the numerical simulation and
the BiVACOR TAH. (a) Pressures in the circulatory system; (b)
Current from the motor and magnetic bearing to levitate the rotor. 161
5.1 Elements of the magnetic levitation system and graphical repre-
sentation of the force balancing. . . . . . . . . . . . . . . . . . . . 166
5.2 Cross-sectional view of the Prototype V1 device. . . . . . . . . . . 174
5.3 Comparison of the V1 and V2 prototype rotor. . . . . . . . . . . . 175
5.4 Layout of the control system using in the prototype V1 device. . . 176
5.5 Magnitude of axial vibrations of the rotor under various operating
speeds. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 180
5.6 Changes to the current and power losses due to rotor positional
movement for the magnetic bearing and motor. (a) The response
of the PD controller of the motor and the PID controller of the
magnetic bearing to the different axial rotor positions.; (b) Copper
power losses of the magnetic bearing and motor for changes in the
rotor position. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 181
5.7 Step response of the levitation system in both water / Glycerol
solution and in air. The response in the water / Glycerol case is
much more damped than the air case due to the higher viscosity
and the absence of pump inlets and outlets. . . . . . . . . . . . . 182
5.8 Radial movement of the rotor at 2000rpm in air and water / Glycerol.183
5.9 Identification of motor and magnetic bearing offset distance. The
offset distance includes the casing as well as half the total rotor
moment. On the left side, the impeller blades that cover the rotor
must also be included in the motor offset. . . . . . . . . . . . . . . 185
xvi
LIST OF FIGURES
5.10 Flow chart of the steady state optimisation. . . . . . . . . . . . . 189
5.11 The hydraulic power used by the left and right pumps from the
validated simulation model. As the rotor moves closer to the left or
right the hydraulic power required by the relevant pump increases
due to the increase in pump hydraulic output. . . . . . . . . . . . 190
5.12 The hydraulic force acting on the rotor under nominal pump and
physiological conditions. Although the force on the rotor will
change with variations to the physiological parameters, such as
systemic or pulmonary resistance, this characteristic force is used
to optimise the control system. . . . . . . . . . . . . . . . . . . . 190
5.13 Cross-section of the Prototype V2 device. . . . . . . . . . . . . . . 198
5.14 A photo of the prototype V2 device in the mock circulation loop. 199
5.15 Resulting powers and currents of the prototype V2 device when
the rotor is moved from −0.25 mm to +0.25 mm. (a) Power used
by the three magnetic bearings and motor; (b) Current amplitude
of the motor and the average of the magnetic bearing currents. . . 203
5.16 Mock circulation loop systemic and pulmonary pressures when the
rotor is moved from −0.25 mm to +0.25 mm. (a) Systemic Pres-
sures; (b) Pulmonary Pressures. . . . . . . . . . . . . . . . . . . . 204
5.17 Resulting systemic, pulmonary and leakage flows of the prototype
V2 device when the rotor is moved from −0.25 mm to +0.25 mm . 205
5.18 The power used by the motor and the bearing as the rotor speed
is increased. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 205
5.19 The system response to 4 different positional step inputs. . . . . . 206
5.20 Analysis of the radial vibration of the levitated system. (a) Rotor
trajectory in the radial direction at 2600 rpm; (b) Spectral analysis
of the axial center of gravity vibration. . . . . . . . . . . . . . . . 207
5.21 Frequency response of the device to small sinusoidal input signals. 208
5.22 Axial direction vibrational analysis. (a) Histogram; (b) Spectral
analysis. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 210
xvii
LIST OF FIGURES
6.1 Diagram of the proposed physiological controller. It includes; a
short-term controller, a long-term controller and a critical event
controller. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 223
6.2 Response of the physiological controller to pulmonary hyperten-
sion. Inlet pressures, (a) no controller, (b) LTC enabled; Rotor
position, (c) no controller, (d) LTC enabled; Rotational Speed, (e)
no controller, (f) LTC enabled. . . . . . . . . . . . . . . . . . . . 228
6.3 Response of the physiological controller to pulmonary hyperten-
sion. Inlet pressures, (a) LTC enabled, (b) LTC and STC enabled;
Rotor position, (c) LTC enabled, (d) LTC and STC enabled; Ro-
tational Speed, (e) LTC enabled, (f) LTC and STC enabled. . . . 230
6.4 Response of the physiological controller to pulmonary hyperten-
sion. Inlet pressures, (a) LTC and STC enabled, (b) LTC, STC
and CEC enabled; Rotor position, (c) LTC and STC enabled, (d)
LTC, STC and CEC enabled; Rotational Speed, (e) LTC and STC
enabled, (f) LTC, STC and CEC enabled. . . . . . . . . . . . . . 232
A.1 Cross-sectional profile of the annulus shaped fluid flow region. . . 268
C.1 Leakage flow model fitting residual. (a) Distribution plot of the
residual; (b) Histogram of the residual. . . . . . . . . . . . . . . . 278
C.2 Axial hydraulic force model fitting residual. (a) Distribution plot
of the residual; (b) Histogram of the residual. . . . . . . . . . . . 279
C.3 Magnetic bearing axial force model fitting residual. (a) Distribu-
tion plot of the residual; (b) Histogram of the residual. . . . . . . 280
C.4 Motor force model fitting residual. (a) Distribution plot of the
residual; (b) Histogram of the residual. . . . . . . . . . . . . . . . 281
E.1 The effect of the physiological controller on the mock circulation
loop. Systemic pressures, (a) no controller, (b) LTC enabled;
Pulmonary pressures, (c) no controller, (d) LTC enabled; System
flows, (e) no controller, (f) LTC enabled. . . . . . . . . . . . . . . 287
xviii
LIST OF FIGURES
E.2 The effect of the physiological controller on the mock circulation
loop. Systemic pressures, (a) LTC enabled, (b) LTC and STC
enabled; Pulmonary pressures, (c) LTC enabled, (d) LTC and STC
enabled; System flows, (e) LTC enabled, (f) LTC and STC enabled.288
E.3 The effect of the physiological controller on the mock circulation
loop. Systemic pressures, (a) LTC and STC enabled, (b) LTC,
STC and CEC enabled; Pulmonary pressures, (c) LTC and STC
enabled, (d) LTC, STC and CEC enabled; System flows, (e) LTC
and STC enabled, (f) LTC, STC and CEC enabled. . . . . . . . . 289
xix
List of Tables
2.1 Hemodynamics of healthy and heart failure patients. Source Lit-
wak et al. (2005). . . . . . . . . . . . . . . . . . . . . . . . . . . . 25
2.2 Distribution of INTERMACS pre-implant device strategy, June
2006 - December 2007. Source Kirklin et al. (2008). . . . . . . . . 28
2.3 Actuarial survival of patients in the INTERMACS study with dif-
ferent device types. Patient n = 4366. Source Kirklin et al. (2012). 30
2.4 Comparison of technical specifications for the CardioWest and
AbioCor. Source Gray & Selzman (2006). . . . . . . . . . . . . . . 38
2.5 BiVACOR nominal operating parameters. . . . . . . . . . . . . . 45
3.1 Forces acting on the rotor. . . . . . . . . . . . . . . . . . . . . . . 55
3.2 Statistical results from validation of axial flow model. . . . . . . . 68
3.3 Statistical results from validation of axial flow model. . . . . . . . 83
3.4 Physical parameters of the magnetic bearings. . . . . . . . . . . . 92
3.5 Statistical results from validation of motor force model. . . . . . . 104
4.1 Ranges of normal heart valve sizes and the values used in the nu-
merical simulation. . . . . . . . . . . . . . . . . . . . . . . . . . . 129
4.2 Summary of changes to the model parameters to simulate both left
and biventricular systolic dysfunction. . . . . . . . . . . . . . . . . 140
4.3 Summary of changes to the model parameters to simulate valve
stenosis and regurgitation. . . . . . . . . . . . . . . . . . . . . . . 141
4.4 Table of the target hemodynamics. The hemodynamic results are
indicative of a healthy male of BSA of 1.8 m2. Source Zipes et al.
(2005) . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 143
xx
LIST OF TABLES
4.5 Table of the calculated circulatory parameters based on the target
hemodynamics. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 144
4.6 Summary of published left ventricular elastance values. . . . . . . 145
4.7 Comparison between healthy patient hemodynamics and the model.
Source Zipes et al. (2005). . . . . . . . . . . . . . . . . . . . . . . 149
5.1 Prototype V1 PID controller parameter values. . . . . . . . . . . . 178
5.2 limits of system parameters in the optimsation process. . . . . . . 191
5.3 Optimised parameter values for the steady state levitation system. 194
5.4 The range of PID parameters that were returned when the system
was linearised at various points over the operating region. . . . . . 197
6.1 Parameters of the pump and MCL at the start of each test. . . . . 226
B.1 System parameters for BiVACOR pump . . . . . . . . . . . . . . 275
B.2 Physical parameters of the magnetic levitation system components. 276
D.2 Summary of Published Simulation Parameter Values. R - Resis-
tance (mm Hg · s ml−1), L - Inertiance (mm Hg · s2 ml−1), C - Com-
pliance (ml ·mm Hg−1), V0 - Inital Volume (ml) . . . . . . . . . . 284
D.3 Numerical simulation parameters – Healthy case. . . . . . . . . . 285
xxi
Nomenclature & Abreviations
Nomenclature
Variables
The following variables are refereed to throughout this document
Symbol Units Description
αp
mmHg
Pa
Conversion Factor - Pressure - from SI units Pa to
mm Hg. αP ≈ 7.5× 10−3
αq
m3 s−1
m3 s−1 Conversion Factor - Flow - from units m
3 s−1 to
l min−1. αq = 60× 103
αm
m3
mm3
Conversion Factor - Volume - from mm3 to m3.
αm = 1× 10−9
α1
mmHgmm3 s−1
Pa lmin−1 Conversion Factor - α1 =
αp
αqαm
= 125
γR m
−3 Constant - related to the geometry of the leakage
flow resistance. Defined by equation 3.3
γMB m
−3 Constant - related to the magnetic reluctance of
the magnetic bearing. Defined by equation 3.41
R mmHg
`min−1 Fluid Resistance
hs mm Separation between the case and step face
hL mm Separation between the case and left pump blades
hR mm Separation between the case and right pump
blades
P mm Hg Pressure
PRP mm Hg Pressure distribution over the right impeller
PLP mm Hg Pressure distribution over the left impeller
PSF mm Hg Pressure distribution over the step face
Q l min−1 Volumetric fluid flow through an element
s m3 s−1 Volumetric fluid flow through an element
t s Time
Continued on next page
xxii
Symbol Units Description
Ω rad s−1 Rotational speed of the rotor
N rpm Rotational speed of the rotor
ib A Bearing Current for each coil (u,v,w)
im A Time varying motor Current for each coil (u,v,w)
Im A Amplitude of the motor Current for each coil
(u,v,w)
η Pa · s Dynamic Viscosity
ρ kg m−3 Fluid Density
F At Magnetomotive force
Ieq,b At Equivalent magnetomotive force of magnetic bear-
ing permanent magnet
Ieq,m At Equivalent magnetomotive force of motor perma-
nent magnet
φ Wb Magnetic flux
R At Wb−1 Magnetic reluctance. Defined as F
φ
= l
µA
µ H m−1 Magnetic permeability of a material
µ0 H m
−1 Magnetic permeability of free space
µr H m
−1 Relative magnetic permeability of a material µr =
µ
µ0
DH m Hydraulic diameter of a flow region
AH m
2 Area of a flow region
PH m Wetted perimeter of a fluid flow region
$ m s−1 Fluid velocity
A m2 Cross-sectional area
ε m Pipe roughness height
λ – Darcy Friction Factor
τw Pa Wall Shear Stress
rLout m Radius - Left impeller outside
rLin m Radius - Left impeller inside
rRout m Radius - Right impeller outside
rRin m Radius - Right impeller inside
rSFout m Radius - Step face outside
rSFin m Radius - Step face inside
rLAout m Radius - Left pump journal bearing annulus out-
side
rLAin m Radius - Left pump journal bearing annulus inside
rRAout m Radius - Right pump sleeve annulus outside
rRAin m Radius - Right pump sleeve annulus inside
F N Force acting on a object
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Symbol Units Description
ki – Linear corrective factor for model term
R mm Hg ml−1 s Resistance in numerical simulation
L mm Hg ml s2 Inertiance in numerical simulation
C ml mm Hg−1 Compliance in numerical simulation
τ s Time constance in numerical simulation τ = RC
T s Period of heart beat
Ts s Length of the systolic period of heart beat
Td s Length of the diastole period of heart beat
Fmotor N Axial attractive force of the motor
τmotor N m Torque produced by the motor
L′0 H Effective inductance of the motor
P - Number of poles of the motor
hg mm Airgap separation of the rotor to the motor or mag-
netic bearing
`PM mm Thickness of the permanent magnet
δ radians Phase angle between the stator and rotor magnetic
fields.
VED ml End-diastolic volume
VES ml End-diastolic volume
SVR dyn · s · cm−5 Resistance of the Systemic System
Rtotal mm Hg · s ·ml−1 Resistance of the Systemic System
x mm Position of the rotor in the x-axis (axial direction)
y mm Position of the rotor in the y-axis (radial direction)
z mm Position of the rotor in the z-axis (radial direction)
θx degrees Tilt of the rotor along the x-axis
θy degrees Tilt of the rotor along the y-axis
ztarget mm Target axial position of the control system
N rpm Target rotational speed of the motor
Subscripts
Many subscripts are used throughout this document to denote particular vari-
ables.
Subscript Description
XLin Left pump inlet
XLout Left pump outlet
XRin Right pump inlet
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Subscript Description
XRout Right pump outlet
XSF Step Face
XAo Aortic
XLV Left Ventricle
XPA Pulmonary Artery
XRV Right ventricle
Abbreviations
Abbreviation Description
VAD Ventricular Assist Device
LVAD Left Ventricular Assist Device
RVAD Right Ventricular Assist Device
BiVAD Biventricular Ventricular Assist Device
TAH Total Artificial Heart
MCS Mechanical Circulatory Support
TET Transcutanious Energy System
FEM Finite Element Method
MCL Mock Circulation Loop
SVR Systemic Vascular Resistance
PVR Pulmonary Vascular Resistance
CFD Computational Fluid Dynamics
EMF Electromotive Force
RAA Renin-Angiotensin-Aldosterone system
EDPVR End-Diastolic Pressure Volume Relationship
ESPVR End-Systolic Pressure Volume Relationship
PV Pressure-Volume
BSA Body Surface Area
LT Long-Term
ST Short-Term
CE Critical Event
LV Left Ventricle
LA Left Atrium
RV Right Ventricle
RA Right Atrium
Ao Aorta
PA Pulmonary Artery
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Chapter 1
Introduction
Over the last 100 years Cardiovascular Disease (CVD) has increased from 10% of
all deaths worldwide to accounting for nearly 50% of all deaths in the developed
world and 25% of deaths in the developing world [Zipes et al. (2005)]. It is pre-
dicted that by 2020, CVD will claim 25 million lives annually and that coronary
heart disease (CHD) will surpass infectious diseases and the world’s number one
cause of death and disability. This shift from infectious disease and malnutrition
related deaths is largely due to public health measures and improved nutrition.
As this trend continues in developing nations, CVD will dominate as the major
cause of death in the next 15 years, accounting for one in three deaths [Zipes
et al. (2005)]. It is estimated that the associated costs of hospitalisations due to
Congestive Heart Failure (CHF) surpasses $10 billion USD per year in the United
States alone [Wood et al. (2005)].
Currently, cardiac transplants represent the most sustainable individual treat-
ment of end stage heart failure. However due to a limited number of donors as
well as recipient suitability, less than 2500 cardiac transplants are performed each
year in the US [Rosamond et al. (2007)]. As a result there has been an increasing
interest in a mechanical replacement for the heart for over 50 years. Ventricular
assist devices (VADs) and total artificial hearts (TAHs) have been shown to be
successful in supporting many patients who suffer from congestive heart failure
[Rose et al. (2001), Copeland et al. (2004), Kirklin et al. (2011)]. Although these
devices have had increasing success in treating patients, challenges such as device
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size, reliability, infection and the poor response of the device to the physiological
environment still remain.
As left ventricular heart failure is the most prevalent form of heart failure,
a majority of the devices currently under development or approved for clinical
use are design to only assist the left side of the heart. In many instances LVAD
therapy alone is effective in supporting the failing heart, however up to 40% of
LVAD patients demonstrate some form of postoperative right ventricular failure,
potentially requiring biventricular support [Fukamachi et al. (2005), Mandarino
et al. (1994)]. Mortality rates exceeding 90% are associated with this condition
when left untreated [Kindo et al. (2004), Radovancevic et al. (2003)]. Further
research and development into BiVAD and TAH devices is required to make
them a more viable treatment option for end stage heart failure patients.
The first generation of mechanical circulatory assist devices focused on pos-
itive displacement pumps, with sacs, pusher plates and artificial valves. Ro-
tary pumps were considered a viable alternative to the pulsatile pumps due to
their smaller size and improved mechanical reliability. Many earlier rotary blood
pumps employed sealed shafts, flushed bearings or blood immersed contact bear-
ing systems, which can be the source of durability issues and blood damage.
Levitation of the rotor using magnetic or hydrodynamic forces has been identi-
fied as a method for overcoming these issues inherent in the earlier generations of
rotary blood pumps. The resulting contactless bearing system eliminates wear,
decreases blood damage, and in some cases also enables precise control of the
rotor’s motion.
This research seeks to develop a magnetic suspension and control system suit-
able for the TAH device that is currently being developed by the research group.
1.1 Significance
The field of artificial hearts has been active for the last 50 years and has seen
significant advancements in both device technology and development as well as
the treatment of patients. However, a number of challenges remain which are
key for better patient outcomes. Some of these areas include device reliability,
physiological integration with the human body and device size. This study seeks
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to address these particular areas of concern with its investigation into the design,
control and operation of a novel artificial heart. The concept of a totally rotary
BiVAD or TAH has been the topic of research for the last 10 years, with many
successful examples of using 2 independent rotary devices as a BiVAD and as a
TAH. However, at the time of publication there are currently no commercially
available single device centrifugal BiVADs or TAHs approved for clinical use on
the market. Although this device is not the only one of its kind in development
[Qian et al. (2002), Fumoto et al. (2010)], the research characterises a current
trend of research in the field.
The novel artificial heart which is the focus of this thesis utilizes a magnetic
levitation system which can provide contact free operation. Without contacting
parts or valves, the life expectancy and reliability of this device will be improved
over older generation devices. The discussion and development of this magnetic
levitation system and controller is a primary topic of this thesis.
In addition to the development and improvement of the levitation system and
controller, this study seeks to develop a physiological controller which can be
used to integrate the device into the human physiological system. Physiological
control of artificial hearts is an area of significant research in the artificial organ
field. Much of the research is focused towards the physiological control of single
blood pumps. Development of physiological control algorithms for rotary BiVAD
and TAH devices is an emergent field which has not received much interest due
to the smaller number of rotary BiVADs and TAHs in development and applied
clinically. The device discussed in this study has a novel setup of the two pumps
which creates a number of unique challenges when considering the physiological
control. The physiological control work presented here is by no means a complete
solution to the research problem, but can be considered an initial investigation
into the control strategies that could be used for a pump of this unique nature.
3
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1.2 Aims and Objectives
1.2.1 Aim
There are two aims for this research. The first is to develop and integrate a
levitation system into the BiVACOR device. The second is to investigate possible
physiological control systems for this novel implantable TAH.
1.2.2 Objectives
These aims will be achieved through the design, simulation and in vitro testing
of both the levitation and physiological control system. The project objectives
are described below;
• Determine the nature of the forces, both controllable and passive, acting
within the device. [Chapter 3]
• Develop a mathematical model and numerical simulation of both the pump
and human circulatory system. [Chapter 4]
• Optimise the magnetic levitation system to increase performance and reduce
power consumption using the developed system model. [Chapter 5]
• Construct a prototype device that utilises the optimised magnetic levitation
system and determine its performance with in vitro experiments in the mock
circulation loop. [Chapter 5]
• Design and simulate a physiological control system using the developed
computer simulation of the pump and circulatory system. [Chapter 6]
• Validate the developed physiological control system using in vitro experi-
ments with the prototype pump and mock circulation loop. [Chapter 6]
1.3 Thesis Overview
This thesis addresses the aims and objectives outlined above in 7 chapters. Chap-
ter 1 introduces the work, outlines its significance and defines the project within
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a set of aims and objectives. Chapter 2 presents a literature review and back-
ground to the project. In this chapter the previous developments of the device
are outlined and many of the technical elements of the device are introduced.
Chapters 3 to 6 present the major body of work for this project. As described
above, each of the objectives for this project are addressed in these chapters.
A discussion of the results and outcomes is present at the end of each chapter.
Figure 1.1 outlines the flow of the project in context to the chapters.
Numerical 
Simulation
Circulatory 
System Model
Prototype V1
Optimsation
Prototype V2
Physiological 
Control InVitro 
Testing
Device Model
Physiological 
Control Design
Chapter 3
Chapter 4
Chapter 5
Chapter 6
Figure 1.1: The flow of the project in the context of the thesis chapters.
Chapter 3 investigates and analyses the forces and dynamics of the device.
The investigation in this chapter is accompanied with mathematical modelling of
the various dynamics and forces to create a complete mathematical model of the
device.
Chapter 4 is focused on the development of a numerical simulation model of
both the human circulatory system and the device. The first half of chapter 4
outlines the development of a numerical model of the human circulatory system
including optimization of the model parameters. The second half of chapter 4
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introduces the artificial heart device into the circulatory system model using the
mathematical model developed in chapter 3 as well as some additional model
elements.
Chapter 5 discusses the magnetic levitation system, which is a key component
to the device’s operation. This chapter is divided into 3 sections. The first section
discusses and analyses the performance of the first magnetic levitation prototype
V1. The second section of chapter 5 outlines the optimisation of the device layout
and controller to improve the performance of the levitation system. This optimi-
sation routine uses the mathematical model which was previously developed for
this device. The optimised levitation system is combined with hydraulic compo-
nents to produce a second prototype V2 which is a fully operational device. The
performance of this device is presented in the final section of this chapter.
Chapter 6 presents a physiological controller that can balance the outputs of
the device and prevent suction events. Initially the physiological controller was
designed and tested using the numerical model outlined in chapter 4. The con-
troller algorithm was then tested in an in vitro environment using the developed
prototype type device V2 and a mock circulation loop.
Chapter 7 presents the conclusions of the project and proposed future work.
The appendices and reference list are located after chapter 7.
1.4 Research Output
1.4.1 Published Journals Papers
Gregory, S.D., Greatrex, N., Timms, D., Gaddum, N., Pearcy, M.J., Fraser, J.F.,
(2010). Simulation and Enhancement of a Cardiovascular Device Test Rig. Jour-
nal of Simulation: Simulation in Healthcare, 4, 34-41
Greatrex, N., Timms, D., Kurita, N., Palmer, E., Masuzawa, T., (2010). Axial
Magnetic Bearing Development for the BiVACOR Rotary BiVAD/TAH. IEEE
transactions on biomedical engineering, 57, 714 - 721
Kurita, N., Marua, K., Ishikawaa, T., Timms, D., Greatrex, N., (2010) Moni-
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toring system development for driving condition of a Ventricular assist device by
using mobile phone. Procedia - Social and Behavioral Sciences, 2, 209 - 212.
Timms, D., Gregory, S., Greatrex, N., Pearcy, M., Fraser J., (2010) A compact
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Chapter 2
Background and Literature
Review
2.1 Introduction
The scope of research encompassed in this project varies from magnetic analysis to
human hemodynamics. Significant literature and background to individual areas
of the project will be presented within the relevant chapters. In addition to the
literature reviews presented within the body of work, the following chapter gives
a brief overview of the medical physiology associated this the field of mechanical
circulatory support and heart disease. This chapter will also present a detailed
background into the BiVACOR device which is the focus of this project.
2.2 The Human Cardiovascular System
2.2.1 Circulatory System
At the centre of the circulatory system is the heart, which has the fundamental
function to act as a pump. In this capacity blood is ejected from the left ventricle
into the systemic circulatory system. The oxygenated blood is distributed to the
muscles, tissues and organs of the body through the arterial network. The blood
returns to the right atrium via the systemic venous network. The right ventricle
pumps the returned deoxygenated blood to the pulmonary system. The blood
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is oxygenated in the pulmonary circulatory system by the lungs and returned to
the left atrium to begin to journey around the body once again. The complete
circulatory system is shown in figure 2.1.
Figure 2.1: The circulatory system. Source Sherwood (2004).
Bronchial Shunt
The bronchial shunt collects oxygenated blood ejected from the left heart and dis-
tributes it through the supporting tissue of the lungs. Once the oxygenated blood
has been delivered to the tissues, it is returned through the pulmonary system to
the left atrium. This circulatory path is a contrast to the usual systemic venous
system which returns the deoxygenated blood to the right atrium. According to
Guyton & Hall (2006), the amount of blood flowing through the Bronchial Shunt
is 1% or 2% of the left heart cardiac output. This flow through the Bronchial
shunt translates to a 1% to 2% increase of the left heart cardiac output over the
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right heart even under steady state conditions. However this value can increase
in the presence of pulmonary disease. The natural imbalance of the left and right
heart flows is an important factor when considering the physiological interaction
of mechanical circulatory support devices with the circulatory system.
2.2.2 The Heart
The heart contains two pulsatile pumps which are designated as the left and right
side. The left side of the heart pumps blood to the peripheral organs, while the
right sides pumps blood to the lungs to be oxygenated. Each side of the heart
contains two chambers called the atrium and the ventricle. Two valves called the
atrioventricular valve and semilunar valve prevent back flow of the blood to the
atrium and ventricle respectively. Figure 2.2 shows the anatomy of the heart and
the direction of blood flow.
Figure 2.2: Anatomy of the heart. Source Guyton & Hall (2006)
Although the two pumps are separated by the systemic and pulmonary sys-
tems, the pumps are interrelated and can affect each other in a number of different
ways. Because the pumps are in a series circuit, a change in the flow or pressure
11
2.2 The Human Cardiovascular System
delivered by either pump will affect the preload and afterload of the other. Addi-
tionally the juxtaposition of the two pumps and the common ventricular septum
wall further link the operation of the two pumps.
Cardiac Cycle
The cardiac cycle describes the events of the heart that occur periodically in each
heart beat. Without loss of generality between the left and right sides of the
heart, the cardiac cycles is normally described by 4 phases, vis. atrial diastole,
atrial systole, ventricular diastole and ventricular systole.
Starting at the beginning of atrial systole, the atrium contracts and squeezes
an additional 20% of blood volume into the relaxed ventricle. Immediately follow-
ing atrial systole the heart begins ventricular systole. In this phase the ventricle
contracts and the pressure begins to rise closing the atrioventricular valve to
stop the blood flowing back to the atrium. With both the atrioventicular and
semilunar valve closed the ventricle undergoes isovolumetric contraction where
the volume remains constant while the pressure continues to rise. Once the ven-
tricular pressure has increased past the aortic pressure in the case of the left
heart or the pulmonary artery for the right side, the semilunar valve will open
and blood will be ejected from the ventricle. Initially after the semilunar valve
opens the pressure continues to increase in the ventricle as the cardiac muscles
finish their contraction. As the blood in the ventricle empties the pressure begins
to fall until it reaches the arterial pressure. At this point the semilunar valve
closes and the ventricle begins isovolumetric relaxation. Finally the pressure in
the ventricle drops below the atrial pressure and the atrioventricular valve opens
and once again begins to fill the ventricle.
Figure 2.3 shows the Wiggers diagram for the left side of a healthy heart.
The Wiggers diagram shows the atrial, ventricle and aortic pressure and the
ventricle volumes throughout the cycle. Additionally the electrocardiogram and
phonocardiogram signals are often included and describe the electrical signals
and audible signals of the heart respectively.
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Figure 2.3: A Wiggers diagram of a healthy left ventricle. Source Guyton & Hall
(2006)
The Pericardium
The pericardium is a thin, fibrous, bag-like structure that encases the heart. It
contains two layers, namely an inner layer that lays on the outer surface of the
heart and an outer layer that contacts the surrounding tissue. A small amount of
fluid is contained between the two layers to allow for the movement of the heart.
In healthy patients the pericardium does not affect the operation of the heart;
however under some conditions it can restrain the operation of a diseased heart.
Valves
The heart contains four valves. Each side of the heart contains one atrioven-
tricular valve and one semilunar valve. The two atrioventricular valves prevent
backflow from the ventricles to the atriums during ventricular systole, while the
two semilunar valves prevent backflow from the systemic and pulmonary circuits
into the heart during ventricular diastole. The valves are passive and rely on a
negative pressure gradient to close. The semilunar valves are mechanically heavy
and require significant backflow to close, unlike the atrioventricular valves which
13
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require only a small pressure difference to close. Figure 2.4 shows the Mitral and
Aortic Valves.
Figure 2.4: The Mitral and Aortic Valve. Source Guyton & Hall (2006)
2.2.2.1 Contraction of the Heart
Contraction of the heart is caused by electrical action potential signals stimulating
the muscle cells of the heart. The contractility of the heart at each beat is
primarily dependent on two factors, the Ca2+ activation and the length dependent
activation [Martini (2001)].
Calcium Activation
Contraction cells make up roughly 99% of the muscle cells of the heart. To initiate
a contraction of these cells, an action potential is generated which leads to the
appearance of Ca2+ among the myofibrils. Increased amounts of Ca2+ leads to a
higher force generated by the cardiac muscles [Martini (2001)]. Figure 2.5 shows
the relation between the amount of Ca2+ and the tension of the contraction
muscle.
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Figure 2.5: The force, Ca2+ and length relationship between cardiac and skeletal
muscles. An increase in Sarcomere length or Ca2+ level returns a higher tension.
Source Opie (1998)
Length-Dependent Activation
One of the key factors when analysing the contractility of the heart is the length
dependent activation of the myocardial muscles. An increase in ventricular vol-
ume translates to an extension of the sarcomere length of the heart muscles. As
with skeletal muscles, extension of the muscle returns a higher force of contrac-
tion. If the cardiac muscle is activated while the resting length is short then the
contractive force generated will be reduced because the sarcomere are already
close to their minimum size Martini (2001). The force relationship of the skeletal
and cardiac muscles to Sarcomere length is shown in figure 2.5. Length-dependent
activation of the myocardial muscle is the underlying mechanism for the Starling
relationship of the heart.
Ventricular Elastance and the effect of afterload
Pioneering work by Suga & Sagawa (1974) throughout the 1970’s showed that the
ratio of end-systolic pressure and volume of the ventricle (PES/VES) is independent
of preload, afterload and heart rate. The elastance of the ventricle describes
this end-systolic pressure-volume relationship (ESPVR) [Brandis (1997)]. Figure
2.6a demonstrates on a Pressure-Volume diagram how a system with a constant
afterload, but changing preload maintains a constant ESPVR.
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The gradient of the ESPVR is dependent on the contractile properties of the
heart, vis. a higher ventricle contractility, or elastance, will result in a higher ratio
of the end-systolic pressure and volume. Figure 2.6c demonstrates the effect of a
change on the LV contractility on the pressure-volume diagram.
The concept of arterial elastance, Ea has been proposed as an analogy of the
ventricular elastance model. However its definition is not equal to an inverse
of its compliance, and is instead a combination of the systemic compliance and
resistance. Figure 2.6 2.6b demonstrates that the value of Ea is equal to the
end-systolic pressure over the stroke volume.
Ea =
Psys
SV
(2.1)
Derivation of the aortic elastance is shown by Sunagawa et al. (1985) for a three
element Windkessel model. This analysis was modified for a two element Wind-
kessel model by Chen et al. (1998).
Ea ≈ Rtotal
Ts + τart
(
1− e−
Td
τart
) (2.2)
2.2.2.2 Work of the Heart
The work of the heart is an important indicator of the performance of the heart.
The external work of the heart is defined in terms of the mass of blood moved
and the resistance against which it was moved.
Minute Work = Mean Blood Pressure× Cardiac Output (2.3)
Stroke Work = Mean Blood Pressure× Stroke Volume (2.4)
The external work performed by the heart can be approximated clinically by
multiplying the mean blood pressure and the stroke volume. The preload is
reflected by the stroke volume, while the afterload of the system is reflected by
the blood pressure.
The relationship between work, cardiac output and ventricle pressure is com-
monly shown on a Pressure Volume diagram. The area defined by the cardiac
cycle trace is equivalent to the external work performed by the heart. The area
16
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Figure 2.6: The effect of preload, afterload and contractility on the Pressure-
Volume relationship of the left ventricle. (a) Change of preload, with constant
afterload and elastance; (b) Change of afterload, with constant preload and elas-
tance; (c) Change of contractility, with constant afterload and preload.
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defined by the end-systolic PV relationship (ESPVR), the end-diastolic PV rela-
tionship (EDPVR) and the cardiac cycle trace is equivalent to the internal work
performed by the heart. This relationship is shown in figure 2.7. The ratio be-
tween the external and total work, which can easily be seen on the diagram,
indicates the efficiency of the heart.
Figure 2.7: The instantaneous left ventricular pressure and volume shown in the
Pressure-Volume Diagram. The external work done by the heart is contained
within the trace of the pressure-volume relationship and is highlighted in the
diagram. Source Guyton & Hall (2006).
2.2.3 Cardiovascular Regulation
There are a number of mechanisms which control and regulate the hemodynamic
parameters of the body. In a healthy body, the regulation of cardiac flow and
perfusion of the tissues is controlled automatically. The effect on this automatic
regulation system must be considered when introducing and controlling a mechan-
ical circulatory support system. The following section discusses the regulatory
systems that are present in the body.
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2.2.3.1 The Frank-Starling Law
The Frank-Starling effect is a passive mechanism which controls the cardiac out-
put of the heart. Via this mechanism, the cardiac output of the heart is almost
completely dependent on the blood flow into the heart (venous return) [Guyton
& Hall (2006)]. Higher levels of venous return increase the filling pressure and
volume of the ventricle causing the length of the heart muscles to increase. This
increase in sarcomere length in turn increases the active tension of the heart
muscles as demonstrated in figure 2.5. This relationship is often summarized as
Within physiologic limits, the heart pumps all the blood that returns
to it by the way of the veins.
Guyton & Hall (2006)
The Frank-Starling effect is often demonstrated with a diagram of Cardiac
Output vs Filling pressure/volume as shown in figure 2.8. The gradient of the
cardiac output response is dictated by the heart’s contractility, with higher con-
tractility delivering higher cardiac outputs for a given filling pressure.
Figure 2.8: Left Ventricular Cardiac Output plotted against Left Ventricular
End-Diastolic Pressure (LVEDP). This diagram demonstrates the Frank-Starling
response of the heart; with higher filling pressures resulting in a larger stoke
volume (SV). Source Klabunde (2005).
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The Frank-Starling mechanism is inherent in both the left and right ventricles,
and together forms the basis for the flow balancing system and flow regulation in
the body.
A discrepancy between the output of the left and right sides of the heart
will result in a movement of fluid from one vascular system to the other. The
fluid shift will be matched by a relative increase or decrease of the pressure in
the venous systems which through the Frank-Starling Mechanism will correct the
output of the ventricles. For example, a higher left ventricular cardiac output
will result in an increase of fluid in the systemic system. This will consequently
increase the right heart preload and decrease the left heart preload. The change
in preloads will correct the outputs of the left and right ventricles and restore the
system to a balanced state. An increase or decrease to both the left and right
venous return will in turn result in an increase or decrease of total flow in the
system. In this manner both total flow regulation and flow balancing are key side
effects of the Frank-Starling relationship.
2.2.3.2 Local Response
Blood flow and consequently oxygen and nutrient delivery to tissues is regulated
at a local level. Perfusion of blood to the tissue is controlled such that the blood
flow to that element is only slightly higher than what is required for the current
metabolic rate. This minimal demand of flow decreases the workload of the heart
while never depriving the tissue of its needs [Guyton & Hall (2006)]. Increases
and decreases of the local blood is driven by demand for oxygen downstream,
with local vasodilation and vasoconstriction occurring due to flow rate and shear
stress on the walls of the vessels.
2.2.3.3 Autonomic Nervous System
Although the flow of blood to individual tissue is controlled on a local level, the
autonomic nervous system can regulate the blood flow and heart function on a
more global scale. The sympathetic nervous system can quickly release excitation
messengers in sympathy with states of excitement, such as waking up, exercise
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and emotional stress [Opie (1998)]. Whereas the parasympathetic system acts in
a slower manner and can decrease heart rate, contractility and cause vasodilation.
2.2.3.4 Renin-Angiotensin-Aldosterone System
The Renin-Angiotensin-Aldosterone system (RAA) works to regulate blood pres-
sure and fluid balance. The RAA system will respond to low blood pressure,
for example from hemorrhaging, primarily by increasing the body’s fluid level
and vasoconstriction. Over activity of the RAA system can lead to hypertension
in some patients [Ian et al. (1993)]. The RAA response is a slower long term
response to a change in the hemodynamics.
2.2.3.5 Baroreceptor Response
The baroreceptor is a nervous mechanism for regulation of the arterial pressure.
An increase or decrease of arterial pressure is identified by stretch detectors lo-
cated in the carotid arteries and is transmitted through the central nervous system
[Guyton & Hall (2006)]. The body will then adjust vascular tone, heart rate and
ventricular contractility to return the arterial pressure to a set value. For example
detection of a high arterial pressure by the baroreceptor will cause the vasodila-
tion of the veins and arteries as well as a decrease in heart rate and contractility.
The baroreceptor response is a short-term response, as prolonged exposure to
higher or lower pressures tend to desensitise the level of nervous response and
reset the response to a new level.
2.3 Heart Failure
Patients suffering from heart failure have an ailment that has reduced the ability
of the heart to provide adequate perfusion to the body.
2.3.1 Contractile Properties of Heart Failure
There are many different types of heart disease that can lead to heart failure.
Heart failure that stems from a change in the ventricle performance can typi-
cally be broken into systolic and diastolic dysfunction. Although systolic and
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diastolic ventricular dysfunctions are often both presented in patients, they are
best considered separately to isolate and understand their symptoms and effects.
There are many causes of heart failure, the most common being a change in the
contractile properties of the heart muscle. The change in elastance can occur in
either one or both of the systolic and diastolic phases.
2.3.1.1 Systolic Ventricular Dysfunction
Systolic ventricular dysfunction is characterised by a drop in cardiac output due
to decreased contractility, increased afterload or increased preload. These factors
typically result in a drop in ventricular ejection fraction and an increase in ven-
tricular end-diastolic volume. An increase in end-diastolic volume translates to a
rise in end-diastolic pressure which can lead to pulmonary venous congestion and
pulmonary edema. Systolic ventricular dysfunction is one of the more common
forms of heart disease [Guyton & Hall (2006)].
Decreased Contractility
A decrease in contractility or inotropy has the primary effect of decreasing the
ejection fraction of the heart. As a consequence, even when the filling volume
is adequate, the stroke volume is reduced. This can cause an increase in the
left ventricular end-diastolic volume (LVEDV) and in turn can increase the left
ventricular end-diastolic pressure (LVEDP). Figure 2.9 shows the decrease in
cardiac output for a given preload due to chronic heart failure. Inadequate or
uncoordinated contraction of the myocardium can lead to a reduction of cardiac
output as well as a drop in blood pressure. This is overcome to some extent by an
increase in heart rate. Additionally, this underperfusion of the tissue can cause the
renin-angiotensin-aldosterone system (RAA), baroreceptor and the sympathetic
nerve response to increase the peripheral resistance.
Increased Afterload
The afterload of the ventricle refers to the pressure which the ventricle must
eject against. An elevated aortic pressure causes the pressure generated in the
ventricle to be higher before the aortic valve will open and blood is ejected from
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Figure 2.9: The effect of decreased contractility on the cardiac output. For
the same preload pressure (LVEDP) the failing heart produces a significantly
lower cardiac output or stroke volume (SV). This relationship can be temporarily
increased in an exercise case as indicated by point B. However this cannot be
sustained. Source Klabunde (2005).
the ventricle. Increased afterload generally causes a decrease in cardiac output
and over time can lead to an increase in end-diastolic ventricular volumes or
preload. High afterload in a patient is commonly caused by hypertension and
aortic valve stenosis. The ventricle responds to high afterload by increasing the
myocardial muscle to overcome the higher afterload. However this increase of
heart muscle also increases the required coronary perfusion [Brashers (2006)].
Increased Preload
An increase in preload causes an increase in the end-diastolic volume of the ven-
tricle. This can be caused by a reduction in contractility or increased afterload
as discussed above. Excessive infusion of fluids or renal failure can lead to an
increase in preload. As the end-diastolic volume of the ventricle increases, the
sarcomere that make up the heart muscle are stretched past their normal length
before contraction [Guyton & Hall (2006)]. This leads to a decrease in con-
tractility of the heart as shown in figure 2.10. The decrease in contractility is
coupled to a decrease in ejection fraction which can propagate a further increase
in end-diastolic volume. Consequently, increased preload can cause a cycle of
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progressively worsening heart failure.
Decreased Contractility
Underperfusion of tissues with 
activation of RAA and 
sympatheitics
Decreased ejection fraction 
with increased LVEDV
Increased PreloadIncreased Afterload
Hypertension Fluid overload
Myocardial infaction
Figure 2.10: Flow chart of systolic heart failure. Modified from Brashers (2006)
It is clear that the causes and effects of decreased contractility, increased
afterload and increased preload are all interrelated and can combine to form a
deteriorating cycle of heart disease. Figure 2.10 shows how increased afterload or
preload can cause a decrease in contractility which in turn can further increase
both afterload and preload.
2.3.1.2 Diastolic Ventricular Dysfunction
Diastolic ventricular dysfunction is characterised by abnormal filling properties of
the ventricle. It is often referred to as heart failure with normal systolic function
or preserved ejection fraction [Zipes et al. (2005)]. This type of dysfunction shows
an increase in LVEDP often without an increase of LVEDV. One of the primary
causes of diastolic dysfunction is due to the reduced compliance of the ventricle.
This can occur due to the replacement of healthy heart tissue with scar tissue or
an increase of tissue elasticity brought on by ischemia [Zipes et al. (2005)].
Figure 2.11 shows the change in gradient of the end-systolic and end-diastolic
elastance functions. With the change of gradients comes an increase of the in-
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ternal work of the heart, which directly increases the oxygen cost of the heart.
Figure 2.11: Flow chart of systolic heart failure. Source Zipes et al. (2005)
2.3.2 Normal Cardiac Function and Heart Disease
Although the clinical definition of heart disease is often hard to define, it is
typically characterised by a decrease of cardiac output. Table 2.1 shows typical
cardiac values from both healthy and heart failure patients.
Parameter Norman Function Heart Failure
MAP (mm Hg) 95 65
CO
(
l min−1
)
5.5 3.0
LVPED (mm Hg) 8 20
LVV (ml) 65–140 215–280
Table 2.1: Hemodynamics of healthy and heart failure patients. Source Litwak
et al. (2005).
2.3.2.1 Heart Failure and Work
Many patients with heart failure suffer from dilated cardiomyopathy. In these
cases the dilated heart has a much larger end-diastolic volume, however the car-
diac output is often equal or lower than healthy patients. As such the external
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work remains the same or decreases slightly while the internal work is increased
to overcome the greater wall stress [Yin (1981)]. Consequently, a patient with
large failing heart has increased oxygen demand for normal cardiac output. Fig-
ure 2.12 demonstrates the movement of the left ventricle PV loop towards the
right due to a lower contractile state caused by heart failure.
Figure 2.12: Movement of the Pressure-Volume loop for a heart failure patient.
Although the external work of the heart disease case is similar to the healthy case
the decreased contractility means there is an increase in the end diastolic volume
and consequently internal work or potential energy (PE). Source Opie (1998).
2.4 Mechanical Circulatory Support
In 2004, Congestive Heart Failure accounted for 1.1 million hospitalizations in the
US costing $29 billion in hospital bills [Russo & Andrews (2006)]. According to
OPTN (Organ Procurement and Transport Network) and SRTR (Scientific Reg-
istry of Transplant Recipients), in 2009, 1853 heart transplants were performed,
while 2669 patients were left on the waiting list at the end of the year in the
US [Organ Procurement and Transplantation Network (OPTN) and Scientific
Registry of Transplant Recipients (SRTR) (2011)]. The shortage of donor hearts
to treat advanced heart failure has increased the interest in the development of
mechanical alternatives.
26
2.4 Mechanical Circulatory Support
While drug therapy has proven successful in patients classified with class I
to III congestive heart failure under the New York Heart Association Functional
Classification (NYHA FC), patients with class III and IV often benefit from
treatments such as transplantation or mechanical assistance [Gray & Selzman
(2006)]. Clinical trials have demonstrated the advantages of ventricular assist
device (VAD) support over optimal drug therapy for the treatment of end stage
heart failure patients [Rose et al. (2001), Slaughter et al. (2009)].
Mechanical Circulatory Support (MCS) devices can be used in a number of
different clinical scenarios Hoshi et al. (2005);
1. Bridge to Transplant - Patients awaiting cardiac transplant can be im-
planted with a MCS device to support the diseased heart until a donor
organ is available.
2. Bridge to Recovery - Patients with reversible forms of cardiac disease can be
implanted with a VAD and used in conjunction with regenerative medicine.
3. Destination Therapy - Patients with irreversible cardiac disease who are
ineligible for transplant can be implanted with a VAD or TAH that is aimed
at long term out-of-hospital use.
4. Bridge to Candidacy - Patients who are not eligible for a treatment option,
such as a transplant, due to their current condition can receive mechanical
circulatory support to help improve their condition such that they are a
viable candidate.
There are a number of different devices which have been developed to treat
various forms of heart disease in different patients. Left ventricular assist devices
(LVADs) are used to assist the natural left ventricle’s function, while right ven-
tricular assist devices (RVADs) are used to help the right ventricle. Biventricular
assist devices (BiVADs) augment both of the natural ventricles to provide assis-
tance to the failing heart. Finally the total artificial heart (TAH) replaces both
failing ventricles with two mechanical pumps.
Table 2.2 shows data from the INTERMACS study summarising the distri-
bution of pre-implant device strategy for 420 patients between June 2006 and
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December 2007 [Kirklin et al. (2008)]. This data shows that isolated LVAD ther-
apy is used in 75% of patients in the study, making it by far the most prevalent
form of mechanical support. Patients receiving biventricular support (either Bi-
VAD or TAH) accounted for 24%, while isolated RVAD treatment was only used
in 1% of patients. In this patient cohort, bridge to transplant and bridge to
candidacy were the leading applications for MCS.
Pre-Implant Device Strategy LVAD RVAD BiVAD TAH Total
Bridge to transplantation listed 123 2 35 19 179
Listing Likely 56 0 23 4 83
Listing Moderately Likely 36 0 8 0 44
Listing Unlikely 27 0 2 1 30
Bridge to Candidacy 119 0 33 5 157
Destination Therapy 60 0 3 0 63
Bridge to Recovery 12 3 6 0 21
Total 314 5 77 24 420
Table 2.2: Distribution of INTERMACS pre-implant device strategy, June 2006
- December 2007. Source Kirklin et al. (2008).
Early use of MCS was predominately focused on bridge to transplant treat-
ment for very sick patients. However, with continued success and adoption of the
devices as well as key clinical trials such as the REMATCH study, some MCS
devices have received approval for destination therapy, indicating their potential
as a long term therapy [Felker & Rogers (2006)]. Treatment strategies for heart
failure patients using MCS continue to evolve as the devices improve and experi-
ence with supported patients increases. Additionally, patient screening, patient
care and therapy strategies have all contributed to an improvement of patient
outcomes. Patients implanted between 2010-2011 have shown an actuarial sur-
vival rate of 80% after 1 year, compared to 60% for patients implanted between
2006-2007 [Kirklin et al. (2012)]. One of the major contributing elements to this
improvement has been the adoption of newer devices which overcome some of
the limitations of the previous generation devices. Kirklin et al. (2012) reported
that the percentage of devices implanted in INTERMACS category 1 patients
(critical cardiogenic shock patients) decreased from 44% in 2006-2007 to 13% in
2010-2011, indicating that these devices are being implanted in patients earlier,
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before they reach cardiogenic shock stage. This represents a significant shift in
the application of these devices from the treatment strategies of the past.
The results of the multi-centre INTERMACS study showed that during the
early period of mechanical circulatory support (first 3 months), the dominant risk
factors are patients in INTERMACS category I (cardiogenic shock) and patients
with right heart failure [Kirklin et al. (2012)]. Helping the right heart after LVAD
implantation is performed using a combination of inotropic agents, pulmonary
vasodilators, phosphodiesterase inhibitors and modification of the LVAD flow
to minimize distortion to the right ventricle [Meineri et al. (2012)]. However
there are a number of patients who exhibit ongoing right ventricular heart failure
(RHF). There has been a wide range of reported values of RHF after LVAD
implantation, with a reported range of 20.7 ± 9.0% [Furukawa et al. (2005)].
Mortality of this patient group is very high with Furukawa et al. (2005) stating
that the reported mortality rates range around 45.1 ± 32.3%.
The use of an RVAD to complement LVAD treatment in these patents has
been shown to increase cardiac output and reduce central venous pressure (CVP)
and decrease pulmonary pressures [Radovancevic et al. (2003)]. Post RVAD im-
plantation is always an option for patients who exhibit RHF after LVAD implan-
tation. However, reoperation for implantation of a RVAD is itself associated with
significant cost, blood product transfusion and increased rates of morbidity and
mortality. Fitzpatrick et al. (2009) found that the survival to discharge rates for
patients with planned biventricular assistant vs delayed biventricular assistance
was 51% vs 29% (p<0.05). As such, in patients where biventricular failure is a
high probability, as opposed to isolated LHF, a single operation is preferred.
Multivariate analysis of the INTERMACS patients showed that high right
atrial pressure was the only statistically relevant risk factor for required RVAD
support, making it very difficult to determine which patients require biventricular
support [Kirklin et al. (2011)]. Multivariate analysis by Drakos et al. (2010)
identified 3 preoperative factors which were significant indicators of RVF after
LVAD implantation, namely;
• A preoperative need for intra-aortic balloon counterpulsation
• Increased pulmonary vascular resistance
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• Destination therapy patient
The lack of clear preoperative indicators for RV failure with LVAD support make
diagnosis of these patients very difficult. The selection criteria for which patients
require biventricular support varies between different clinics and institutes and is
often determined by which devices are supported and available at that centre.
Unfortunately even when biventricular support is used (BiVAD or TAH), the
survival rates for these patients is much lower than patients with LVADs, as
shown in table 2.3. Development of better, smarter devices as well as changes
to treatment strategies could improve the survival rate and quality of life of this
particular patient cohort.
Month LVAD BiVAD TAH
3 months 90% 70% 85%
6 months 86% 62% 68%
12 months 80% 55% 54%
24 months 69% 53% -
Patient number 3899 368 99
Table 2.3: Actuarial survival of patients in the INTERMACS study with different
device types. Patient n = 4366. Source Kirklin et al. (2012).
Although patients identified with biventricular failure could be treated with
either BiVAD support or a TAH, some patients could possibly benefit more from
a TAH than BiVAD support. Sale & Smedira (2012) suggests the following indi-
cators for implantation of a TAH over other forms of mechanical support.
• Severe biventricular failure
• Intractable arrhythmias with left- or right-ventricular disease
• Irreparable ventricular anatomical defects (e.g., ventricular rupture, signif-
icant ventricular septal defect)
• Ventricular failure with prior mechanical prosthetic-valve replacement
Furthermore Koerfer et al. (2007) states that a TAH can greatly benefit patients
with valvular regurgitation, ventricular clots, intraventricular communications,
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friable heart tissue, patients with chronic or acute severe rejection following heart
transplantation and giant cell myocarditis.
The unique nature of the TAH device lends itself to the treatment of a wide
range of patients, but particularly patients with the aforementioned mentioned
conditions. Although this patient group is not as big as the LVAD patient group,
it represents a critical group of patients for whom total circulatory support gives
them the best chance of survival. Even though TAH devices are able to help
many of the sickest heart failure patients, there are some patients who would not
be good candidates for a TAH. The Cardiowest TAH (SynCardia Systems, inc.,
Tucson, AZ, United States) is a commercially available device and a patients
selection criteria was established for one of its clinical trials [Gray & Selzman
(2006)].
• Inclusion
– NYHA class IV CHF
– Age > 18 to < 59 years
– Body surface area > 1.7 m2
– Cardiac index< 2.0 l m−2 min−1 with systolic blood pressure< 90 mm Hg
or central venous pressure > 18 mm Hg
– 2 inotropic agents or 1 inotrope with intra-aortic balloon pump
• Exclusion
– Pulmonary vascular resistance > 640 dyn s cm−5
– Serum creatinine > 5 mg dL−1
– Cirrhosis with total bilirubin > 5 mg dL−1
– Active systemic infection
Actuarial survival of INTERMACS patients with BiVADs vs TAHs are shown
in table 2.3. The results this study suggest that short term survival (3 months) is
higher in TAH patients (85% TAH vs 70% BiVAD) however this difference is less
when analysing the long term survival (at 1 year 54% TAH vs 55% BiVAD). It was
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noted by Kirklin et al. (2012) that the INTERMACS data is currently insufficient
to draw conclusions over which biventricular therapy has better outcomes. Data
from French centres, which implanted over 383 TAHs and BiVADs devices, showed
a trend suggesting better survival rates for TAH patients over implantable or
paracorpereal BiVADs in prolonged support (> 90 days) [Kirsch et al. (2012)].
2.4.1 Blood Pump Technology
Blood pumps are typically classified in terms of technological generations. Al-
though these generations represent a chronological progression of discovery and
development, each generation is burdened with its own drawbacks and limita-
tions [Baldwin & Robbins (2005)]. Because of this and in combination with the
long development and approval cycles in the industry, there are currently pumps
from all generations commercially available and used in various clinics around the
world.
The first generation of devices were pulsatile displacement pumps that used
diaphragms or pusher plates. A major drawback of these devices is the reliability
issues associated with the valves, deformable membranes and energy converters.
Additionally, flow patterns of the blood must ensure the surfaces of the devices
are adequately washed and that there are no areas of stagnation.
The second generation of devices attempted to overcome some of these prob-
lems by utilising continuous flow rotary pumps with mechanical contact bearings.
The biggest advantage of rotary pumps over displacement pumps is that they are
smaller and more efficient. Blood immersed pivot bearings and fluid washed ra-
dial bearings have been used to support the rotor or shaft in these devices. Wear,
heat generation, thrombus and hemolysis associated with the bearing systems
are of concern for these devices. Both axial and centrifugal pumps have been
successfully applied to devices of this type. Although the removal of valves from
the device can be advantageous from a maintenance, hemolysis and thrombus
point of view, in the event of the rotor stopping, there is no safeguard to stop
regurgitation of blood through the device. Continuous flow pumps are smaller
than the pulsatile displacement pumps and do not require bulky hydraulic lines
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or compliance chambers, reducing the risk of infection and making them suitable
for smaller patients.
The third generation of devices focuses on the use of hydrodynamic and mag-
netic bearings to alleviate the mechanical contact bearings present in second
generation devices [Olsen (1999)]. The most significant advantage of a levitated
impeller over traditional bearings is the improved life expectancy of the device.
Many devices with levitated impellers claim reduced hemolysis and thrombus
levels; however the small clearance gaps present in some hydrodynamic and mag-
netic bearings can produce high shear levels, which is a factor for hemolysis. In
some cases, magnetic bearings may be larger, produce more heat and are more
complex and expensive than a traditional bearing system. Many hydrodynamic
bearings require particular operating conditions, such as a specific range of rota-
tional speeds, for the bearing to achieve levitation.
A summary of the different types of MCS devices is shown in figure 2.13
Impeller Type
TAH, LVAD, RVAD or BiVAD
Pulsatile Non-Pulsatile
Displacement 
Pump
Rotary Pump Rotary Pump
Radial Mixed Axial
Circulatory 
Assistance
Flow Type
Pump Type
Figure 2.13: Flow chart of Mechanical Circulatory Support (MCS) technology.
2.4.1.1 Pulsatile vs Continuous Flow
The maturity of the first generation devices means that many of the pumps that
have received approval for use are positive displacement pumps. However the
emergence of the second the third generation devices has introduced a number
of continuous flow devices into the market. Rotary pumps have a number of
engineering advantages over pulsatile devices, including size, weight, efficiency
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and maintenance, however the clinical repercussions of continuous flow support
continues to be investigated. Early studies into patients with continuous flow
and pulsatile VADs showed that patients with continuous flow devices had no
significant differences in clinical outcomes when compared to pulsatile support
[Mesana (2004), Allen et al. (1997)]. The more recent INTERMACS study, which
started in 2006, has shown that the 1 year survival rate for continuous flow
devices was higher (82%) when compared to first generation pulsatile devices
(61%) [Slaughter et al. (2009), Kirklin et al. (2012)].
The transition from pulsatile devices to continuous flow devices has been dra-
matic. Kirklin et al. (2012) reports that the number of implanted intracorporeal
pulsatile VADs registered in the INTERMACS database decreased from 219 in
2007 to only 6 in 2010, while the number of implanted intracorporeal rotary VADs
increased from 0 in 2007 to 1, 445 in 2010.
In the case of VADs, the contraction of the natural ventricles produces a
pulsatile flow through the device as a result of the changing pressure difference
over the pump. As such the rotary devices operating in a VAD configuration
typically display some level of pulsatility. Clinical studies have revealed that
normal organ function can be sustained with centrifugal pumps, however some
patient complications could be attributed to the lack of pulsatility such as valve
fusion and acquired Von Willebrand syndrome [Frazier (2010)]. A 10 Bovine in
vivo study conducted by Yozu et al. (1994) demonstrated that both pulsatile
and non-pulsatile circulatory devices can adequately support the system during
exercise. Analysis of the work and energy performed by the heart by Bartoli et al.
(2010b) showed that under high levels of unloading, pulsatile flow pumps retained
normal ventricular pressures while continuous flow pumps resulted in the Aortic
valve closing throughout the cycle and the LV pressure dropping. This difference
under high support levels could have repercussions for long term support as well
as the possibility of weaning patients from the device.
It has also been proposed that rotary pumps can be operated in a pulsatile
manner, by varying the operating speed of the device [Shiose et al. (2010), Khalil
et al. (2010)]. This could improve aortic pulsatility and has been suggested that
that this could also reduce the risk of ventricular suction events occurring.
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In addition to the medical differences between pulsatile and non-pulsatile de-
vices, there are key discrepancies between the control and operation of the devices.
Many pulsatile devices can be operated in a fill-to-empty mode which will eject
the blood once the chamber has been filled by the preload. Operation of the
device in this manner produces a response similar to the natural heart’s Frank-
Starling effect [Takatani et al. (2002)]. This allows for inherent flow balancing
between the left and right heart or the two devices in the case of a BiVAD or
TAH. Alternatively, the displacement pump can be operated in fixed rate mode
where the frequency of the pump is controlled by a controller. This mode typi-
cally has a lower preload sensitivity as there is no variation of the pump frequency
in response to a change in preload.
In contrast to pulsatile devices, continuous flow MCS has proven to be less tol-
erant of mismatches between physiological demand and operating settings [Cox
et al. (2009)]. Unlike pulsatile pumps, the flow of a continuous flow device is
dependent on the pressure difference over the device, making it sensitive to both
preload and afterload changes [Salamonsen et al. (2011)]. Consequently with a
fixed afterload, the continuous pumps will exhibit Frank-Starling like characteris-
tics. However the level of preload sensitivity inherent in these devices is lower than
that of the natural ventricles, potentially increasing the time required to find an
equilibrium. In the case of a single assist device, the native Frank-Starling effect
of the ventricles can compensate and balance the cardiac output. A dual rotary
total artificial heart presents a unique scenario in regards to balancing. Without
compensation from the natural ventricles, the shifting and balancing of volumes
must be completed by the devices. In vivo studies carried out by Frazier et al.
(2009) showed that two independent rotary devices when configured as a TAH
display a significant level of interdependence due to their in series configuration.
This effect can help passively find an equilibrium in the system without the nat-
ural ventricles. Further discussion and review of physiological control strategies
for continuous flow pumps is presented in section 6.
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2.4.2 Hydrodynamic and Electromagnetic Bearings
Third generation devices overcome many of the drawbacks of early rotary devices,
by utilising hydrodynamic and electromagnetic bearing technology to suspend
their impeller without contact. Some pumps use a combination of hydrodynamic
and electromagnetic bearings to provide complete suspension.
2.4.2.1 Hydrodynamic Bearings
Hydrodynamic bearings use a thin layer of fluid to support the bearing load. Hy-
drodynamic bearings can often be integrated into the geometry or material finish
of the device to make their effective size negligible. Unfortunately, fluid bearings
often require particular operating conditions to work effectively, such as a min-
imum and maximum rotational speed or pump flow conditions. Hydrodynamic
bearings have a positive stiffness and therefore provide more bearing force when
the bearing separation is decreased. This stiffness characteristic can restore the
system to a stable steady state position in the event of a disturbance and makes
them ideal for passive bearing applications.
2.4.2.2 Magnetic Bearings
Magnetic bearing systems use interacting magnetic fields to generate a lifting
force and suspend the rotor. There are many types of magnetic bearings, but
they can be divided into two distinct groups; active and passive magnetic bear-
ings. Both active and passive magnetic bearings can be designed to operate
with a larger clearance gap than traditional hydrodynamic bearings, but often
require construction from particular materials or additional components. Unlike
hydrodynamic bearings, stable levitation can be achieved at almost all operat-
ing conditions and are not dependent on parameters such as rotor speed and
displacement.
Active Magnetic Bearings
Active magnetic bearings change the magnetic field strength in the system to
achieve levitation at a particular operating point. These systems are typically
characterised by a negative stiffness coefficient when the active control system
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is not enabled. As such, stable levitation with this type of bearing is impossi-
ble without a closed loop control system. Control systems for active magnetic
bearing systems typically require a sensor system to detect the current operating
position, which can be expensive, bulky and sensitive to drift. However, active
control over the magnetic bearing allows for adjustment and control of the bear-
ing performance, such as damping, stiffness and set point in real-time. Active
control over the magnetic field is achieved through varying the current flowing in
electromagnetic coils. As such, power consumption and heat generated by this
type of bearing can be significant. Active magnetic bearings can be combined
with motor drive systems to create self bearing motors, potentially reducing the
size and weight of the device.
Passive Magnetic Bearings
Unlike their active counterparts, passive magnetic bearings use magnetic fields
generated by static sources such as permanent magnets to generate a restor-
ing force. Passive magnetic bearings consist of either the matching or opposite
magnet pole placed in juxtaposition to create a attractive or repulsive force. De-
pending on the configuration, passive magnetic bearings can exhibit positive or
negative stiffness in different degrees of freedom. Earnshaw’s theorem states that
stable levitation of an object cannot be achieved by purely magnetostatic sys-
tem. As such, this style of bearing must be combined with additional bearing
techniques.
2.4.3 Total Artificial Hearts
Over the last 40 years, 14 different TAHs have been implanted in 1108 patients
around the world [Bartoli et al. (2010a)]. At the moment, only two TAHs have
FDA approval for clinical use, the AbioMed AbioCor and the SynCardia Car-
dioWest [Neragi-Miandoab (2012)]. A technical description of the two devices is
given in table 2.4.
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CardioWest AbioCor
Type Pulsatile Pulsatile
Mechanism Pneumatic Hydraulic
Stroke volume (max) 70 mL 60 mL
Cardiac output (max) 9 L/min 8 L/min
Power source External Internal (TET)
Valves Mechanical Trileaflet plastic
Weight 160 g 900 g
Table 2.4: Comparison of technical specifications for the CardioWest and Abio-
Cor. Source Gray & Selzman (2006).
2.4.3.1 CardioWest TAH
The CardioWest (SynCardia Systems, inc., Tucson, AZ, United States) is a pul-
satile pneumatically driven artificial heart that is used for bridge to transplant
patients. Figure 2.14 shows the device implanted in the ventricular space. The
CardioWest device evolved out of the older Jarvik-7 artificial heart that was first
transplanted by Dr DeVries and his colleagues in 1982 [DeVries et al. (1984),
Jauhar (2004)]. In 1993 the Jarvik-7, renamed the CardioWest C-70, was ap-
proved for clinical investigation in the United States [Copeland et al. (2004)].
These trails culminated with the awarding of US FDA approval as a bridge to
transplant device in 2004 U.S. Food and Drug Administration (2004). It was the
first TAH to be approved by the US FDA and has been implanted in over 700
patents would wide (including Jarvik-7).
The device has two independent polycarbonate ventricles that have a com-
bined volume of 400ml and a weight of 160g [Copeland et al. (2004)]. Four
Medtronic-Hall valves provide unidirectional flow through the inlets and outlets
[Ensor et al. (2010)]. Pulsatile pressurised air from an external drive unit is
used to move a multilayered polyurethane diaphragm. The device can provide
a cardiac output of up to 9.5 l min−1, but is typically operated to provides flows
between 5− 8 l min−1 [Roussel et al. (2009), Arabia et al. (1999)]. The technical
specifications of the device are summarized in table 2.4. By measuring the air
displaced by the blood during diastole, the flow can be determined [DiNardo &
Zvara (2008)]. The device is powered by pneumatic lines penetrating the skin
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and connected to an external driver unit. The exit sites of the pneumatic lines
can be problematic for the patients as they require ongoing attention and can be
a source for infection [Conger et al. (2000)].
Figure 2.14: CardioWest device implanted in the ventricular space. Source Syn-
Cardia Systems, inc., www.syncardia.com
2.4.3.2 AbioCor IRH
The AbioCor (AbioMed, Inc., Danvers, MA, United States) implantable replace-
ment heart (IRH) is a hydraulically actuated completely implantable total arti-
ficial heart, shown in figure 2.15. Clinical trials with the AbioCor device were
started in 2001 [Dowling et al. (2002)]. The device is intended for destination
therapy, and as such patients selected in the trial were not candidates for heart
transplants and had a high probability of mortality within 30 days. The device
received FDA approval for clinical use under the Humanitarian Device Exemption
(HDE) program in 2006 [U.S. Food and Drug Administration (2006)].
The device utilizes a transcutaneous energy transfer system to transmit elec-
trical energy through the unbroken skin, giving the patients more freedom and
potentially reducing the risk of infection [Slaughter & Myers (2010)]. The full sys-
tem contains both internal and external components. The internal components
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Figure 2.15: AbioCor implantable elements, including; thoracic unit, im-
planted controller, battery and implanted TET coil. Source AbioMed, Inc.
www.abiomed.com
consist of the AbioCor Thoracic unit, battery, controller and transcutaneous en-
ergy transfer (TET) coil [Dowling et al. (2003)]. The internal battery is able
to power the thoracic unit without external power for approximately 20 to 30
minutes [Dowling et al. (2002)].
The AbioCor Thoracic unit contains an electrohydraulic energy converter lo-
cated between the two ventricles. A small centrifugal pump in conjunction with
two position switching valves are used to push hydraulic fluid to and from the
left and right pumping chambers [Dowling et al. (2003)]. The fluid is moved from
one ventricle chamber to the other to generate out of phase systolic periods. A
small portion of the hydraulic fluid to shunted from the right ventricle to a small
chamber to reduce the outflow of the right pump in relation to the left pump. The
ventricle sacs are made from a proprietary polyether-based polyurethane plastic
called AngioFlex (AbioMed, Inc., Danvers, MA, United States) which is designed
to be durable and reduce the incidence of calcification [Yang et al. (1999), Zareba
(2002)]. AngioFlex material is also used to cover all blood contacting surfaces of
the device.
The technical specifications of the device are summarized in table 2.4. The de-
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vice can operate at rates between 75 to 150 BPM resulting in flows of 4−8 l min−1
[Dowling et al. (2004)]. The movement of the fluid from one chamber to the
other produces a negative pressure in the diastolic period, resulting in the de-
vice actively filling. The hydraulic fluid and blood have a one-to-one relationship
allowing for the analysis of flow waveforms and other information.
2.4.3.3 Current TAH Challenges
While the idea of the TAH has been around for decades, it has been the clinical
success of both the AbioCor and CardioWest devices has proven that therapy
of this nature can be sustainable and beneficial to biventricular end stage heart
failure patients. Although the progress of these devices has overcome many of the
earlier challenges, further refinement and improvements can be made to make this
therapy available to more patients in addition to offering better patient outcomes.
Sale & Smedira (2012) states that the use of current TAHs is limited by
their size, durability and complications. Bartoli & Dowling (2011) states that
size is the most limitation factor when considering which patients can receive
these devices. These devices can typically only be considered for patients with
a body surface area of greater than 2.0m2 for the AbioCor device and greater
than 1.7m2 for the CardioWest. As such, for TAHs to be a more accessible and
effective treatment for a wide range of patients, the devices must get smaller and
become more durable.
2.4.3.4 Rotary TAH
In a similar manner to the evolution of LVAD devices, the application of rotary
pumps to TAHs is a method of improving device durability, size and efficiency.
Rotary pumps are smaller than pulsatile pumps and with the application of hy-
drodynamic or magnetic bearings, they have the possibility of operating in excess
of 5 years [Hoshi et al. (2006)]. The use of rotary pumps also lends itself to the
application of transcutaneous energy transfer, similar to the AbioCor, which can
reduce the risk of infection and potentially give patients a higher level of freedom.
The idea of rotary total artificial hearts has been around for a number of
years, however currently there are no single device rotary total artificial hearts
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commercially available. Qian et al. (2002) proposed the use of magnetic bearings
to support a double impeller rotor TAH. This design utilised a radial magnetic
bearing and motor coupled to a rotor with a centrifugal impeller at each end.
The device relies on the inherent preload sensitivity of the centrifugal pumps to
automatically find a volume equilibrium between the left and right sides [Qian
et al. (2003)]. Although this passive method could be effective in balancing small
discrepancies between the left and right sides, larger changes or quick changes
may be difficult or slow to balance using this method due to the relatively low
sensitivity of rotary pumps.
A device currently under development at Cleveland Clinic (Cleveland, Ohio,
United States) has a similar structure to the previously described device, with a
radial magnetic bearing and motor supporting a double impeller rotor [Horvath
et al. (2007)]. Unlike the device proposed by Qian et al. (2002), the Cleveland
Clinic Continuous Flow Total Artificial Heart (CFTAH) uses the relative inlet
pressure difference acting axially on the rotor to move the rotor in the axial
direction. The axial movement of the impeller is used to effectively increase the
sensitivity of the device to inlet pressure differences. Further discussion of this
passive control mechanism is discussed in section 6.1.2. Flows up to 11.5 l min−1
were observed in in vitro trials [Fumoto et al. (2010)].
In addition to single device rotary TAHs, there has been interest in using two
existing rotary LVADs configured as a TAH. By using clinically approved LVADs,
it is possible to use this TAH configuration without clinical approval of a new
device. This research has been pioneered by Dr Frazier, Dr Cohn and their team
at the Texas Heart Institute (St. Lukes Episcopal Hospital, Houston, Texas,
United States). Their initial in vivo studies demonstrated the effectiveness of
TAH support using a range of different LVAD devices, including;
• Two Heartmate III centrifugal LVADs (Thoratec Corporation, Pleasanton,
California, United States) [Frazier et al. (2005)]
• Two Jarvik 2000 axial flow LVADs (Jarvik Heart, Inc., New york, New
York, United States) [Frazier et al. (2006)]
• Two Heartmate II axial flow LVADs (Thoratec Corporation, Pleasanton,
California, United States) [Frazier et al. (2009)]
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These in vivo trials lead to the first successful implantation of two Heartmate II
axial flow LVADs (Thoratec Corporation, Pleasanton, California, United States)
in a patient [Frazier & Cohn (2012)].
As there are no natural ventricles present, using rotary pumps in a TAH can
potentially result in a pulseless environment. Several authors including, Shiose
et al. (2010) and Khalil et al. (2010) have discussed the use of speed modulation to
induce a systemic and pulmonary pulse wave in continuous flow artificial hearts.
This thesis is focused on the development of a continuous flow total artificial
heart called the BiVACOR (BiVACOR Pty. Ltd., Brisbane, Australia). The
following section outlines the background and current state of the project.
2.5 BiVACOR
The research program at the Prince Charles Hospital (TPCH) in collaboration
with BiVACOR Pty. Ltd. (Brisbane, Australia) is engaged in the development
of cardiovascular devices, with particular focus given to the development and
refinement of a magnetically levitated TAH called the BiVACOR. The BiVACOR
device contains two continuous flow centrifugal pumps within a single device,
providing perfusion to the systemic and pulmonary systems. The device has the
capacity to provide the cardiac output for an adult patient, and is small enough
to be implantable in smaller patients such as women and children. The device
utilizes an active magnetic bearing system that eliminates any contact between
moving parts and significantly increase the device’s life expectancy.
Successful development of this innovative device will provide an alternative to
heart transplantation, therefore saving the lives of many terminal cardiac patients
each year. This new generation device will dramatically increase a patient’s
expected lifetime, and deliver them a higher quality of life.
The device can be configured as either a BiVAD or TAH device. The device
is small enough to fit in the pericardial cavity or can be positioned above the
diaphragm in the case of BiVAD implantation. The primary difference between
the two configurations is the presence of the natural heart beat in the BiVAD
case. This pulsatility can dramatically change the forces present in the device
which the magnetic levitation system must overcome and stabilise. The TAH
43
2.5 BiVACOR
configuration of the BiVACOR was the focus of this project, but many of the
discussions and results can be applied to the BiVAD configuration without a loss
of generality.
2.5.1 BiVACOR Design
The design of the BiVACOR device is shown in figure 2.16. At the core of the
design are two centrifugal impellers that are placed on either side of a common
rotating hub [Timms et al. (2008)].
As both impellers are coupled to the single hub, changes in rotational speed
will alter the outflow performance of both the left and right pumps. To account for
independent changes to the left and right pump outflow, the hub can be displaced
within the pump cavity to change the clearance above each impeller. Movement
towards the left pump casing will reduce the left pump impeller clearance making
it more efficient, whilst simultaneously decreasing the right pump efficiency. In
this manner, changes to the hub displacement and common rotational speed allow
for relative changes to the output of the left and right pump [Timms et al. (2006)].
Figure 2.16: Exploded view of the BiVACOR device.
The device is designed to support the body at normal hemodynamic levels.
At the nominal operating speed of 2500 rpm, the left and right centrifugal pumps
are designed to produce a flow of 5 L min−1 at a pressure of 100 mm Hg and
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20 mm Hg respectively. Table 2.5 summarises the nominal operating conditions
of the device.
Device Parameter Value
Rotational Speed 2500 rpm
Left Pump Pressure 100 mm Hg
Right Pump Pressure 20 mm Hg
Left and Right Pump Flow 5 L min−1
Table 2.5: BiVACOR nominal operating parameters.
2.5.2 Previous Development
The development path initially involved the design of left and right hydraulic
systems in order to enable the device to provide the correct pressure and flow.
In vitro testing of the device was carried out in the group’s biventricular Mock
Circulation Loop (MCL). In 2007 a series of nine acute (6-10hr) non-recovery an-
imal trials were conducted at The Prince Charles Hospital (TPCH) in Brisbane
[Timms et al. (2009)]. As the magnetic bearing system was still under develop-
ment at the time of the trials, a shaft driven prototype of the BiVACOR device
was used. This prototype was large and bulky and needed to be positioned in an
extracorporeal manner to provide perfusion to the animal. These trials demon-
strated the device’s ability to provide sufficient perfusion in both a BiVAD and
TAH case as well as the relative change in left and right pump outputs in response
to changes in rotor position and speed.
Prior to the start of this project, preliminary studies into the magnetic lev-
itation system had begun in with our strong collaborative partners Prof. Ma-
suzawa in Ibaraki University, Ibaraki, Japan and Dr. Kurita in Gunma Univer-
sity, Gunma, Japan. A set of magnetic bearings and an axial flux motor were
developed for use in the device. Preliminary bench top testing of these compo-
nents were conducted by Kurita et al. (2008) on a dummy rotor. The project
described in this thesis continued this initial work into the magnetic levitation
system for the BiVACOR device. In particular, the integration of the prototype
magnetic levitation system into a functioning pump.
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2.5.3 Levitation System
Suspension of the rotor in the BiVACOR device is achieved using an active mag-
netic suspension system in the axial direction and a passive hydrodynamic bearing
in the radial direction. A 6 pole axial flux synchronous motor targets 4 permanent
magnets placed on one side of the rotor. This motor provides torque to the rotor
as well as a net axial attractive force. To counteract the axial force towards the
motor, an active magnetic bearing is placed on the opposite side of the rotor. For
use in a centrifugal pump, an axial magnetic bearing improves performance due
to the ability to incorporate more magnetic material in the unused axial surface
area of the impeller Masuzawa et al. (2003).
The magnetic bearing consists of 3 U-shaped stators spaced evenly around
the rotor. Permanent magnets are embedded in the stator flux path to reduce
the steady state power required. The flux generated by the control coil can be
used to augment or cancel the flux produced by the permanent magnets. In-
corporating permanent magnets into the magnetic bearing system, while using
active electromagnets for fine control, can reduce power consumption of the bear-
ing. Karassik et al. (2000) states that bearing power is usually only needed for
magnetic excitation for cancellation of disturbance forces. The magnetic bearing
stators target an iron core embedded in the rotor.
The axial suspension system must overcome the static and dynamic forces
encountered by the impeller in order to prevent touchdown and maintain the
correct operating position. Additionally the active axial suspension system must
be able to displace the suspended rotor to a particular position for the purpose
of altering the flow dynamics of the two pumps. The elements of the suspension
system are shown in figure 2.17. Eddy current sensors are used to detect the
axial position and tilt of the rotor. The position information is used to determine
the amount of current fed to the magnetic bearings and the motor in order to
maintain the rotors suspended position.
2.5.4 Pump Dependence
One of the key features of the BiVACOR device is the double impeller, single rotor
design. In almost all centrifugal pumps, variation of the output can be achieved
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Figure 2.17: View of the BiVACOR magnetic suspension system.
with the variation of the impeller speed. However, with a common hub design,
such as the BiVACOR, the impeller speeds are inherently linked. To overcome
this, the semi-open impellers are displaced in the axial direction to increase or
decrease the clearance above each impeller. As the clearance above the impeller
blades decreases, the resistance to back flow through that region increases and
the volumetric efficiency of the pump is increased [Chan & Wong (2006)]. At
smaller impeller clearances, a higher head pressure is achieved for a lower flow
rate. Figure 2.18 displays a cross-sectional view of the BiVACOR pump and
highlights the clearances between the impeller blades and the casing.
Movement of the rotor towards the left side increases the left pump impeller
clearance while decreasing the right pump clearance. Consequently, this move-
ment will simultaneously increase the efficiency of the left pump while decreasing
the right pump. Likewise a movement towards the right pump will increase right
pump efficiency while decreasing the left pump. The variation of the left and right
pump outputs by movement of the rotor allows for the relative change between
the two sides required for effective balancing.
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Figure 2.18: Cross-sectional view of the rotor and case.
2.5.5 Leakage Flow
Due to the higher pressure generated by the left impeller and juxtaposition of the
two impellers, blood will tend to flow from the left pump to the right pump side
of the rotor. This flow is referred to the leakage flow of the pump and its flow
path can be seen in figure 2.18.
Leakage flow through this region can be beneficial to the pump as it washes
out areas of possible blood stagnation. Clinically, this leakage flow is equivalent
to a Ventricular Septial Defect (VSD) and in the case of the BiVACOR pump is
small enough to not produce any adverse effects.
The thin radial clearance between the journal bearing and the case as well
as centrifugal forces generated on the step face limit the leakage flow. In some
circumstances, high centrifugal forces generated on the step face can produce back
flow in this region. Further analysis of this phenomenon is detailed in section 3.4.
2.5.6 Current Prototype BiVACOR Devices
There were two hydraulic BiVACOR prototypes that were used extensively through-
out this project. The first was a shaft driven prototype that was developed prior
to the commencement of this project, for use in the animal trial experiment run
in 2007. This prototype was driven by a DC motor that was coupled to the rotor
via a shaft. Radial bearings constrained the shaft and rotor in the radial direc-
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tion. The motor and shaft were attached to the fixed wall via a micrometer to
allow for the precise positioning of the rotor within the pump cavity.
The second prototype was developed as part of this project. This prototype
combined the hydraulic casing and impellers with the journal bearing and axial
magnetic levitation system. Elements of this prototype were manufactured from
stainless steel and acrylic sections, while others were printed using rapid proto-
typing facilities. The prototype contained 4 eddy current sensors to detect the
axial position and tilt of the rotor. This prototype is detailed in chapter 5 of this
thesis.
2.5.7 Mock Circulation Loop
Many of the in vitro experimental results taken in this project used the Mock
Circulation Loop (MCL) at The Prince Charles Hospital. The MCL is a hydraulic
analogy of the circulatory system including the systemic and pulmonary systems
as well as the heart. The MCL was originally designed by Dr Daniel Timms
and has since been refined and redesigned over the last few years [Timms et al.
(2010)]. In addition to the physical MCL, a computer simulation of the MCL
response has been developed and is outlined by Gregory et al. (2010). Figure
2.19 shows the prototype BiVACOR device connected to the MCL loop.
The MCL features both a pulmonary and systemic circuit as well as the four
chambers of the heart. Figure 2.20 shows the layout of the loop as well as the
individual elements. The layout of the systemic and pulmonary systems is based
on the 5-element Windkessel model and includes a characteristic resistance (1st),
arterial compliance (2nd), peripheral resistance (3rd), inertial component (4th),
and venous compliance (5th). The MCL can produce a wide variety of conditions
such as healthy, exercise, chronic left/right/biventricular heart failure, acute my-
ocardial infarction and pulmonary or systemic hypertension. Mitral and Aortic
Valve regurgitation as well as ventricular and atrial septal defects (VSD & ASD)
can be simulated by opening solenoid valves between the various heart chambers.
The loop was primarily developed for the testing and development of me-
chanical circulatory support (MCS) devices. Cannulation of the MCL for the
connection of VADs and TAHs can occur in the LA, LV, Aorta, RA, RV and
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Figure 2.19: Mock Circulation Loop at the Prince Charles Hospital with the
BiVACOR device.
Pulmonary Artery. This allows the connection of a wide range of devices in a
number of configurations. Additional flow probes and pressure sensors can be
affixed to the VAD or TAH cannula to provide additional information.
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Figure 2.20: Layout of the MCL at the Prince Charles Hospital. The MCL
has the following elements; Left Atrium (LA), Mitral Valve (MV), Left Ven-
tricle (LV), Aortic Compliance (AoC), Systemic Flow (SQ), Systemic Resistance
(SVR), Systemic Venous Compliance (SVC), Right Atrium (RA), Tricuspid Valve
(TV), Right Ventricle (RV), Pulmonary Valve (PV), Pulmonary Artery Compli-
ance (PAC), Pulmonary Flow (PQ), Pulmonary Resistance (RVR), Pulmonary
Venous Compliance (PVC). Additionally, the circuit includes a Bronchial Shunt
(BS), Valve defects (AVR & MVR) and Septal defects (VSD & ASD). Source
Timms et al. (2010).
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Chapter 3
Analysis and Modelling of Pump
Dynamics
3.1 Introduction
Magnetic and hydrodynamic suspension systems in centrifugal blood pumps have
been the focus of significant research for a number of years due to their excellent
advantages over the earlier generation total artificial hearts and ventricular assist
devices. Earlier designs of rotary blood pumps suffered from durability issues
typically from the drive shaft, seal and mechanical bearing interface of the pump
[Akamatsu et al. (1992)]. These earlier designs have potential areas of stagnation
and areas of high shear potentially leading to adverse blood effects. Magnetic
levitation and hydrodynamic bearings in centrifugal pumps have been used as
a means of overcoming the traditional drawbacks of contact bearing systems
[Wampler et al. (1999)].
The BiVACOR device, which is the focus of this project, features an active
axial magnetic suspension system to provide contact free operation. This pump
relies on the ability to use this active magnetic suspension system to axially
actuate the rotor within the pump cavity. Perturbation of the rotor within the
pump case leads to the alteration of the clearances above each set of vanes and
therefore change the pump efficiencies of the left and right pumps. A detailed
description of the device and its operation is given in section 2.5.
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To suspend the rotor, the forces acting on the rotor in the axial direction must
be balanced by the magnetic bearings. Changes to the pump speed, rotor posi-
tion, device orientation and patient hemodynamics can all affect the magnitude
and direction of the forces on the rotor. In particular, hydraulic forces from the
fluid pressure distributions and flows within the pump cavity can produce large
resultant forces on the rotor which must be balanced by the magnetic forces.
Development of a comprehensive and accurate understanding of the system
forces and behaviour is vital for the design and operation of the magnetic levita-
tion system. Identification of the magnitudes of the rotor forces is important, such
that the magnetic levitation system can balance these forces under any operating
condition.
To assist in the design and testing of both the levitation control system and
physiological control system, this project seeks to create a numerical model of
the device and human circulatory system. Detailed development of this numer-
ical simulation is described in the next chapter of this thesis, Chapter 4. To
integrate the device into the numerical computer simulation, mathematical mod-
els and equations that describe the hydraulic and magnetic systems must be
developed and validated. As such, the analysis of the forces in this chapter will
be accompanied by the development and validation of a mathematical model of
the forces.
3.2 Identification of Forces
There are a number of different forces that act on the rotor. Brief descriptions of
the major forces that are present in the device are given below;
Gravity and Buoyancy — Gravity is a constant force that is directly pro-
portional to the mass of the rotor and is orientated towards the centre of the
Earth. As the rotor is immersed in blood, the gravitational force will be counter-
acted by the buoyancy of the rotor. In cases where the rotor density is less than
1050 kg m−3 the rotor will become positively buoyant and rise against the pull of
gravity. The initial prototype rotor used in this study had a free mass of 70 g and
a density of approximately 6400 kg m−3 giving it at buoyant mass of 58.5 g. The
force on the rotor due to gravity and buoyancy is 0.585 N. As the orientation of
53
3.2 Identification of Forces
the device cannot be controlled or easily predicted it will be assumed that the
gravity and buoyancy of the rotor will be a force of known magnitude acting on
the rotor in an unpredictable direction.
Inertia — The rotor is subjected to inertial effects when the pump is subjected
to a change of direction, for example as the patient ambulates. In everyday
activities it is expected that the acceleration/deceleration would not exceed 2-3G
[Tansley et al. (2000)]. With the proposed rotor mass the inertial forces would
be less than 2 N acting in an arbitrary direction.
Gyroscopic Forces — Like the inertial effects, gyroscopic forces are experi-
enced by the rotor in the event of a patient or device bending or turning. The
magnitude of these forces depends on the impeller speed, impeller moment of
inertia and the rate of turn/bend.
Hydraulic Forces — Due to the unique design of the BiVACOR device there
are a number of hydraulic forces acting on the rotor. In particular, the semi-
open nature of the left and right impellers make the rotor susceptible to large
axial forces generated by the pressure distributions of the impeller and step faces.
These are the primary forces of which the axial magnetic bearing system must
overcome to suspend the rotor. Unlike the buoyancy, inertia and gyroscopic forces
which were functions of the device orientation and movement, the hydraulic forces
are dependent on the pump operating conditions such as rotor speed, inlet and
outlet pressures and leakage flow. Although the axial hydraulic force is almost
constant in a TAH environment, residual pulsatility of the ventricles in a BiVAD
situation can produce significant fluctuations in the force. The fluid medium will
also provide damping of the rotor movement. The damping is primarily a function
of the fluid viscosity and rotor movement velocity. In addition to the axial forces,
hydrodynamic forces generated by the journal bearing provide passive stability
to the rotor in the radial direction.
Magnetic Forces — Magnetic forces acting on the rotor are generated by both
the magnetic bearings and axial flux motor. The magnetic bearing and motor
provide the active axial suspension as well as the rotational torque. Both of
these magnetic elements contain permanent magnets which passively produce a
magnetic field. Wound electromagnets are used to modify the permanent magnet
field to vary the magnetic forces as well as to provide rotational torque to the
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rotor. The controllability of the magnetic forces is used to great effect in the axial
magnetic levitation system, however core saturation, leakage flux and electrical
considerations limit the controllability and performance of this system.
The magnitude and nature of many of these forces change due to the instan-
taneous operating conditions of the pump, while others act independently and
continually. The suspended rotor is free to move and rotate in all 6 degrees of
freedom. Some of these forces act only on a limited number of axis while others
can act indiscriminately across a number of axes. Table 3.1 describes which fac-
tors change the magnitude and direction of the force as well as which axes the
forces act on. The orientation of the axis referred to in the table are defined by
figure 2.17.
Force x y z θx θy θz Factors
Gravity and Buoyancy • • • - - - Device orientation, rotor volume and weight
Inertia • • • - - - Direction of device movement
Gyroscopic - - - • • • Direction of device movement
Hydraulic • • • • • • Pump operating condition, fluid viscosity
Hydrodynamic Bearing • • - - - - Rotational Speed, Fluid Viscosity, Hydraulic
Electromagnetic
Magnetic Bearings - - • • • - Rotor position, input current
Motor - - • - - • Rotor position, input current
Table 3.1: Forces acting on the rotor.
Forces that act in the axial direction on the rotor are perhaps the most impor-
tant to the design and operation of the device. The rotor is suspended actively
in the axial (z) direction using electromagnets to cancel any disturbance forces.
The complexity of the forces acting in the axial direction is highlighted in table
3.1, as most of the disturbance forces can act on the rotor in the axial direction
under some circumstances.
3.3 Modelling Methodology
As outlined in the introduction of this chapter, in addition to the identification
and analysis of the device dynamics, mathematical models of the forces will be
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developed and validated. These models will be used in the numerical simulation
to accurately integrate the pump and its dynamics with the circulatory system.
Inclusion of the pump dynamics in the numerical simulation allows for the
development and analysis of both magnetic levitation controllers as well as phys-
iological controllers. A successful physiological controller for the BiVACOR device
will need to take into consideration the performance and limitations of the mag-
netic levitation system. To achieve this, the numerical simulation must include a
complete model of the device that encompasses both the physiological interaction
and the magnetic levitation system.
To develop the mathematical model, theoretical analysis of the system is first
conducted. Assumptions and simplifications of the system are made and key
effects and factors are identified. From this analysis, a theoretical analytical
model or equations of the system can be created. Experimental data can then
be used to validate the analytical model or fit it against the observed data. This
modelling process is summarised in the following steps:
1. Theoretical analysis of the system
2. Development of an analytical model
3. Collection of experimental results
4. Data fitting and validation of the analytical model to the experimental
results
Section 3.2 of this chapter identified a number of forces and dynamics that
act on the rotor or in the pump. These forces are independent of one another
and their effect can be combined with superposition. As such, the modelling
and validation of the individual system forces will be conducted separately and
combined at the end of the chapter into a single holistic model. In addition to
forces acting on the rotor, the leakage flow through the pump will also be analysed
and modelled. The elements of the pump which are analysed in this chapter are:
• 3.4 Leakage flow
• 3.5 Axial hydraulic forces
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• 3.7 Magnetic bearing forces
• 3.6 Fluid damping
• 3.8 Electric motor forces
• 3.9 Radial forces
3.4 Leakage Flow
Under most operating conditions there will be a significant pressure difference
between the left pump and right pump outlet pressures of the device. The working
fluid, blood, will tend to flow from the left to the right side of the rotor due to this
pressure difference. This flow between the two pumps is referred to as leakage
flow.
The leakage flow will create a pressure profile along the fluid path from one
side of the rotor to the other. Accurate understanding of this fluid flow and
the pressure distribution over the path is important for the understanding of the
forces on the rotor. The pressure distribution over the step face between the left
pump and right pump impellers has a significant effect on the force because it has
a large axial surface area. Furthermore, adequate washout of the journal section
is important for the minimisation of thrombus in the region. Identification of
particular conditions that produce low washout flow are important so they can
be avoided or can be eliminated with modifications to future designs.
This section will analyse this region of the pump and determine a mathemat-
ical model based on fluid mechanics theory. This model will be validated against
experimental data collected from mock circulation loop tests. A wide variety
of operating conditions will be tested experimentally to accurately identify the
variables and parameters of the system that affect the fluid flow and pressure.
3.4.1 Modelling
The geometries of the fluid path produce a complex relationship between the
pump outlet pressures and the flow through the gap. The fluid path between
the left pump and right pump contains three regions, vis. the left pump journal
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bearing section, the step face and the right pump sleeve section. These sections,
as well as the path of fluid flow between the two sides of the rotor is shown in
figure 3.1.
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Figure 3.1: Close-up of the journal bearing and step face region. Key areas,
pressures and direction of flow are indicated on the diagram. Note that the
clearance gaps are not to scale.
Fluid flows in the axial direction through the left pump journal bearing and
right pump sleeve sections, while the step section exhibits radial flow between the
two cylindrical boundaries of the rotor. Each of these sections presents difficulties
in analytical modelling of the pressures and leakage flow. Due to the geometric
similarities between the left pump journal bearing and the right pump sleeve
section, they will be analysed together.
3.4.1.1 Axial Flow Regions
Both the left pump journal bearing and right pump sleeve sections allow fluid to
flow axially in the thin radial region between the rotor and the casing. Due to the
nature of the journal bearing, which supports the rotor in the radial direction,
under normal operating conditions the rotor is located in an off centre position.
58
3.4 Leakage Flow
Rotor
Case
Fluid Flow Region
Figure 3.2: Fluid flow region between the rotor and the case.
A cross-sectional view of the fluid flow channel is show in figure 3.2. The varying
axial flow resistance around this non-symmetric annulus region will produce a
non-uniform flow profile around the perimeter of the rotor. In addition to the non-
uniform flow resistance, Japikse et al. (1997) states that the pressure distribution
generated by the impeller blades varies around the rotor perimeter relative to
its location from the pump outlet. Unfortunately it is extremely difficult to
quantify this non-uniform flow and pressure profile with experimental results. As
validation of the flow model cannot be made with experimental results, a quasi-
empirical approach will be pursued to mathematically describe the flow in this
section. To achieve this, flow in these sections will be assumed to exhibit a uniform
flow profile around the azimuth of the radial plane, at least over the operating
region. To account for the discrepancies introduced with this assumption, data
fitting methods will be used to adjust the model to fit the observed data.
Fluid flow is characterized as being either laminar or turbulent. Laminar flow
has a parabolic flow profile, with high flow in the centre of the channel [Kutz
& Myer (1998)]. Turbulent flow is characterized by the irregular movement of
particles of the fluid and has a more uniform pressure distribution [Yamaguchi
(2008)]. Figure 3.3 shows the difference between turbulent and laminar flow.
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Figure 3.3: Laminar (Left) and turbulent (Right) flow profiles for flow through a
cylindrical pipe. Source Singh (2009).
An indicator to the nature of the flow is given by the Reynolds number. Flows
with a Reynolds number under 2,000 typically exhibit laminar flow, while flows
over 4,000 tend to have a turbulent flow model. Appendix A of this thesis details
the calculation of the Reynolds numbers for both the left pump journal bearing
and right pump sleeve sections. The Reynolds numbers for the left pump journal
bearing and right pump sleeve sections were 67.4 and 128.9 respectively. The
Reynolds number indicates that the flow will be laminar in both sections.
The Darcy-Weisbach equation can be used to determine the pressure drop
along an arbitrary flow path. Non-circular channels are accommodated by using
the hydraulic diameter parameter DH. Using the Darcy-Weisbach equation, the
pressure drop for both the left pump journal bearing and right pump sleeve
sections can be determined. Derivation of these expressions are given in appendix
A of this thesis. The pressure drop for both the left pump journal bearing and
right pump sleeve sections is given by Equation 3.2 below.
∆P =
8αpηLQ
piαq (rout − rin)3 (rout + rin)
(3.1)
∆P =
8αpγηQ
piαq
(3.2)
For ease of expression, a factor γ is used to represent the geometry of the annulus
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channel and is defined below
γ =
L
(rout − rin)3 (rout + rin)
(3.3)
From equation 3.2 it can be seen that the pressure difference is proportional to
the volumetric flow rate of the section.
∆P = RAnnulusQ (3.4)
Where
RAnnulus =
8αpηγ
piαq
(3.5)
For the left pump journal and right pump sleeve the theoretical fluid resistance
is 220.1 and 25.1 mm Hg/l min−1 respectively.
3.4.1.2 Pressure Distribution Over the Step Face
The step face area consists of the rotating annulus face of the rotor and the static
face of the casing. The two faces are separated by a thin gap through which fluid
can flow. The separation distance of the gap, designated as h, is smallest when
the rotor is positioned towards the right side and larger when towards the left
side. Even when touchdown of the right impeller blades occurs, separation of the
clearance gap h is still 0.25 mm. This ensures that washout of the leakage flow
region can occur even in this operating condition.
There are two fluid mechanics which occur over the step face section to pro-
duce a nonlinear pressure distribution. The first is the pressure drop due to fluid
flow through the resistive conduit; the second is a pressure build-up due to the
inertial effects of the spinning rotor.
Flow Resistance
As fluid flows from the left to the right sides of the rotor, the flow must pass
through the small clearance gap of the step face. A pressure drop will occur from
the outside of the annulus to the inside which will be a function of the fluid flow.
Muijderman (1964) states that radial flows through annulus clearances such as
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this produce a pressure drop given by equation 3.6. The conversion factors α1 in
equation 3.6 is used to account for the non-SI units used in this equation and is
defined in the nomenclature.
∂Pres
∂r
=
Q6ηα1
pih3r
(3.6)
Centrifugal Force
Centrifugal force represents the effect of inertia of a rotating body. In the case
of a fluid immersed rotating disc, fluid close to the surface is pushed towards
the outer edge of the disc in response to the rotation. A pressure is built up by
this effect over the face of the disc. Under some conditions this can cause flow
reversal, as shown in figure 3.4. A number of authors neglect the inertial term,
however it has been shown by Chan et al. (2007) that the effect of inertia in pump
geometries such as this is very important. The pressure at a particular point due
Figure 3.4: Effect of centrifugal force on the flow profile in the step face gap.
Source Chan & Wong (2006)
to centrifugal forces is given by equation 3.7. Where αp is a factor to convert
from SI units to the working units mm Hg and is defined in the nomenclature.
∂Pcen
∂r
= kαpρrΩ
2 (3.7)
There is some disagreement in the literature as to the value k in equation 3.7.
A majority of authors, including Yamaguchi (2008) and Finnemore & Franzini
(2002), state a value of k = 1. However, authors such as Chan et al. (2000) and
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Muijderman (1964) have used values of k = 3/10 and k = 1/4 respectively in
their work. Data fitting methods will be used to determine the value for this
constant in this application. The initial condition, used for the data fitting for
this parameter will be k = 1.
Step Face Pressure
Combining the resistance pressure drop and the centrifugal pressure gives
dP = kαpρrΩ
2dr +
Q6ηα1
pih3r
dr (3.8)
To determine the pressure at a particular point r on the annulus, equation 3.8
can be integrated between (r, r2), where r1 ≤ r ≤ r2.∫ r2
r
dP =
∫ r2
r
(
kαpρrΩ
2dr +
Q6ηα1
pih3r
)
dr (3.9)
P (r2)− P (r) = kαpρΩ
2 (r22 − r2)
2
+
Q6ηα1
pih3
ln
(r2
r
)
(3.10)
P (r) = P (r2)− 1
2
αpρ
(
r22 − r2
)
Ω2 − Q6ηα1
pih3
ln
(r2
r
)
(3.11)
The overall pressure drop over the step face can be determined by evaluating
equation 3.11 at r = r1.
P2 − P1 = 1
2
αpρ
(
r22 − r21
)
Ω2 +
Q6ηα1
pih3
ln
(
r2
r1
)
(3.12)
3.4.1.3 Complete Model
To determine a complete model for the pressure distribution between the left and
right pump outlets, the models of the axial fluid flow and the step face will be
combined. An electrical analogue for the combined model is shown in figure 3.5.
Superposition of equations 3.4 and 3.12 gives equation 3.13 which describes the
total pressure drop between the left and right pump outlets.
PLout−PRout = ∆PRpumpsleeve + ∆PStepFace + ∆PLpumpjournal
PLout−PRout = 8αpηγR
piαq
Q+
1
2
αpρ
(
r22 − r21
)
Ω2 +
Q6ηα1
pih3
ln
(
r2
r1
)
+
8αpηγL
piαq
Q
PLout−PRout = 1
2
αpρ
(
r22 − r21
)
Ω2 +
Q6ηα1
pih3
ln
(
r2
r1
)
+ (γR + γL)
8αpη
piαq
Q (3.13)
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Figure 3.5: Pressure drops over the fluid flow path.
3.4.2 Model Validation and Data Fitting
The model that has been developed is a theoretical approximation to the physical
system and, as with all models of this nature, validation with experimental results
is necessary. Minor variation between the theoretical model and the physical sys-
tem due to modelling approximations and simplifications can be addressed with
parameterised data fitting methods. However major variation and discrepancies
could require further analysis of the model. To validate the derived model and
fine-tune any of the model parameters, an in vitro experiment was conducted
with a prototype pump and mock circulation loop.
3.4.2.1 Leakage Flow Experiment
Experiment Description
It is hypothesized that the leakage flow between the left pump and right pump
is dependent on the relative pressure difference, pump speed and rotor position.
This experiment seeks to run the prototype pump in a wide range of conditions
and measure the leakage flow and dependent parameters. These results can then
be used to validate the model or provide fine adjustment of the model parameters.
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Experiment Setup
A shaft driven prototype of the BiVACOR device was placed in the mock cir-
culation loop described in section 2.5.7. Four pressure sensors were placed ap-
proximately 2 cm from the inlets and outlets of the device. Three flow sensors
(Transonic Systems Inc., Ithaca, NY, United States) were used to measure the
right pump inlet flow, right pump outlet flow and left pump inlet flow. The
fourth flow, left pump outlet flow, was determined from the other flow values.
The leakage flow between the left and right pumps could be determined from the
difference between the right pump inlet and outlet flow. The device was con-
nected to the MCL as close to the Mitral and Tricuspid valves as possible. A
38% Glycerol / 62% water mixture (by weight) was used in the experiment to
simulate a similar viscosity to blood.
Experiment Procedure
To measure a wide variety of leakage flows and pressure differences, the SVR
and PVR of the mock circulation loop were varied independently. A total of 25
different combinations of SVR and PVR were used to get the desired range of
measurement values. At each SVR and PVR combination the pump speed was
varied from 1800 rpm to 3000 rpm in 300 rpm intervals and the rotor position was
varied from +0.6 mm to −0.6 mm from the central position in 0.3 mm intervals.
Experiment Results
The measured leakage flow through the pump and the corresponding pressure
difference between the left and right pump outlets is showing in figure 3.6 (a)
and (b). Figure 3.6 (a) shows the pressure difference and the leakage flow while
highlighting the difference pump speeds, while figure 3.6 (b) highlights the rotor
position. In some cases, extremely unbalanced SVR and PVR values and high
pump speeds caused the mock circulation loop atriums to completely empty, in
which case the data value was not recorded.
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Figure 3.6: Measured pressure difference and leakage flow between the left and
right pumps. (a) Rotor speed values highlighted; (b) Rotor position values high-
lighted.
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Discussion
It is clear from both 3.6 (a) and (b) that the speed and rotor position parameters
form clear bands within the data. This is to be expected when considering the
dependence on these variables in equation 3.14.
It can be observed in the results that reverse leakage flow can occur between
the pumps, even with a positive outlet pressure difference. This is due to the
centrifugal force generated on the step face. In this condition, the step face
begins to act like a centrifugal pump, pumping fluid from the right to the left
pump. This is more obvious at higher speeds, where even high outlet pressure
differences can be matched by the centrifugal effect.
3.4.2.2 Data Fitting
To validate the model, the coefficients of each term were fitted to the experimental
data. If the regression returned a good fit for the data, then it can be concluded
that the model adequately describes the physical system.
Although the model was developed to determine the leakage flow through the
pump, rearranging the model to make Q the dependent variable makes the model
nonlinear and very susceptible to parameter estimation error. Because of the
modelling difficulties, the pressure difference was used as the dependent variable
for fitting purposes only.
In the experiment, the pressure difference between the left and right pump
outlets were recorded, however the pressure drop along the leakage flow path
could not be measured. As such the individual pressure drop due to the left
pump journal and the right pump sleeve section cannot be distinguished from
one another. The resistance coefficients for both of these pressure drops are
combined in the fitting model into a single parameter. The model used for the
data fitting is shown in equation 3.14.
PLout−PRout = ∆Pˆ = β1Ω2 + β2 Q
h3
+ β3Q (3.14)
The model of the leakage flow is nonlinear with respect to the independent vari-
ables Ω and h, however it can be parameterized into a multi-variable linear func-
tion making it easier for data fitting.
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Fitting Results
The data was fitted to the model and returned a R2 value of 0.967, indicating
the 96.7% of the variance in the measured data was explained by the model. The
residual (measured value - predicted value) was found to be normally distributed
and had a standard deviation of σˆ = 7 mm Hg and was centred approximately
around 0. It can be concluded that the model appropriately describes the physical
system. The statistics of the fitting process and the values of the fitted parameters
are given in table 3.2. These results show that the resistance to flow is 178 not
245.2 as calculated theoretically.
Statistic Value
R2 0.967
µˆ 0.54 mm Hg
σˆ 7 mm Hg
Parameter Fitted Value Theoretical Value
βˆ1 1.16× 10−3 1.8× 10−3
βˆ2 2.74 0.515
βˆ3 178 245.2
Table 3.2: Statistical results from validation of axial flow model.
Substituting in the fitted parameters, the model becomes
PLout−PRout = ∆Pˆ = 178Q+ 1.16× 10−3Ω2 + 2.74Q
h3
(3.15)
The fitted parameters can be used to determine a corrective factor for each term
which allows the generalized form of the equation to be used in lieu of the fitted
qualitative formula. The generalised form of the fitted equation is given by
∆Pˆ = k1
1
2
αpρ
(
r22 − r21
)
Ω2 + k2
Q6ηα1
pih3
ln
(
r2
r1
)
+ k3 (γR + γL)
8αpη
piαq
Q (3.16)
The corrective factors are defined as k1 = 0.65, k2 = 5.3 and k3 = 0.73 as per the
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fitting results
∆Pˆ = 0.65
1
2
αpρ
(
r22 − r21
)
Ω2 + 5.3
Q6ηα1
pih3
ln
(
r2
r1
)
+ 0.73 (γR + γL)
8αpη
piαq
Q
(3.17)
As discussed previously, using the pressure difference as the fitted dependent
variables was purely to reduce the complexity of the curve fitting algorithm and
reduce the sensitivity of the fitted parameters. To determine the leakage flow
equation 3.16 can be rearranged to give a formula for the leakage flow.
Q =
PLout−PRout − k1 12αpρ (r22 − r21) Ω2
k3 (γR + γL)
8αpη
piαq
+ k2
6ηα1
pih3
ln
(
r2
r1
) (3.18)
Which can also be stated in a qualitative form for the BiVACOR pump
Q =
PLout−PRout − 1.16× 10−3Ω2
178 + 2.74
h3
(3.19)
The leakage flow residual after the fitting was normally distributed and had a
standard deviation of σˆ = 0.0403 l min−1, which is within the manufacturer’s
stated error of the flow measuring equipment used in the experiment.
3.4.3 Summary
An analytical model describing the leakage flow of the BiVACOR device was
determined and validated. The analytical model was derived from theoretical
hydraulic flow theory. An experiment was then conducted using the MCL to
determine the actual leakage flow through the device. Three parameters were
used to fit the analytical model to the observed data. The fitted model had a
good correlation to the physical system as indicated by the R-squared value and
residual.
It was observed that under some conditions the leakage flow was zero or
in a reverse direction. As this is an undesirable result, changes to the future
device should ensure that this situation does not occur under normal operating
conditions. One effective way to reduce the occurrence of low or reversed flow is
to increase the step face gap. Figure 3.6 (b) shows that when the rotor is position
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is greater than +0.3 mm that the leakage flow is positive regardless of pressure
difference. Increasing the gap such that the movement is restricted from +0.3 mm
to +1.5 mm would ensure that no low flow or reverse flow occurred.
3.5 Axial Hydraulic Forces
The large area and pressure head developed by centrifugal pumps can produce
significant forces on the impeller face. Third generation pumps which utilise
magnetic or hydrodynamic bearing systems must balance these axial forces under
all operational conditions to ensure there is no touchdown of the rotor.
The objective of this section is to develop and validate a mathematical model
for the axial hydraulic force on the rotor. To achieve this, a theoretical model
of the pressure distribution over the axial faces of the rotor will be derived. The
theoretical pressure distributions will be used to determine the hydraulic force
on the rotor acting in the axial direction. Experimental results of the measured
axial force will be used to validate this model against the physical system.
As described in section 2.5, the BiVACOR pump uses two impellers attached
on either side of a common rotating hub. The impellers on the BiVACOR pump
are semi-open to provide variation between the left and right pump flow from axial
movement of the rotor. The semi-open impellers makes the rotor more susceptible
to large axial forces generated by the different pressure distributions on either side
of the rotor Timms (2005b). In addition to the pressure distribution over the two
impellers, the pressure over the step face must be accurately determined as it has
a large axial surface area.
In a total artificial heart or non-pulsatile environment, the pressure difference
between the inlet and outlets of the pumps does not change significantly with
time. However, in a BiVAD case with ventricular cannulation, the inlet pressures
of the pumps will reach the outlet pressure in systole due to the opening of the
aortic and pulmonary valves. The natural pulsatility of the human heart will
introduce a periodicity to both the impeller pressure distribution and resulting
axial force. Without loss of generality, the modelling of the hydraulic force in this
section will focus on the total artificial heart case. The effect of the heart’s natural
contractility on the axial force will be discussed and the end of this section.
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Mathematical modelling of complicated systems such as this one is an iter-
ative process. The derivation of the model must be accompanied by validation
using experimental data. In cases where the theoretical model is a bad fit for
the experimental data, one cannot be afraid to re-examine the model to modify
and change its fundamental structure. Failed models should not be abandoned
thoughtlessly, as error analysis is a critical step for the improved success for future
models. In the case of the axial force model, this process of iterative modelling
was used successfully to vastly improve on the original model.
Initially it was assumed that the pressure distribution over the impeller blades
was linear. A theoretical model was constructed around this pressure distribution
and validated against the measured data. The linear model was found to be a
bad fit for the data and a new pressure distribution model was pursued. The
error analysis of the linear distribution model indicated very strongly that the
rotor speed was a significant factor in the axial force. As such a second model
was created with a view to include a speed dependent element. The section below
details the development of both these models.
3.5.1 Modelling
Calculation of the hydraulic force acting on a face requires an accurate model of
the pressure distribution over the entire axial area. In the case of the BiVACOR
pump, there are three axial faces that will contribute to the axial force. These
regions are the left impeller, right impeller and the step face region which are all
identified in figure 3.7.
As the object of the model is to determine the axial force on the rotor, the
variable force is the dependent variable of the model. To determine the hydraulic
force on a face, the pressure must be integrated over the face area as per equation
3.20.
F =
∫∫
S
P dS (3.20)
The complete axial hydraulic force acting on the rotor is equal to the summation
of the individual forces on each axial face. Equation 3.21 shows the summation
of the force integrals to give the total axial force. As a reference, a force towards
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Figure 3.7: Cross-sectional view of the BiVACOR rotor and case. The three axial
faces which will contribute to the axial force are identified.
the left impeller side of the pump is considered a positive force. Note the signs
of each term represent the direction on which the force is acting.
Fz = FRpump + FSF − FLpump
=
∫∫
SRpump
PRpump dS +
∫∫
SSF
PSF dS −
∫∫
SLpump
PLpump dS (3.21)
The pressured distributions for the left and right impellers will be combined
with the step face distribution to determine the force on the rotor. This force
model will be validated against experimental data measured in an in vitro exper-
iment.
Due to the similarities between the left and right impellers, the same theo-
retical model are used for both these areas. As discussed in the introduction, an
iterative approach to the model was used. An initial linear model was proposed,
however after validation with experimental data, it was found that the linear
model did not effectively describe the system. A more complicated nonlinear
model was then pursued. Both of these models will be discussed in this section.
The pressure distribution of the step face has already been modelled and
validated in the previous section 3.4. This work will be extended in regards to
its application to the axial force model.
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3.5.1.1 Impeller Pressure Distribution
There is limited literature that explicitly discusses the pressure distribution over
centrifugal pump impellers. Much of the pump analysis presented in the literature
is focused on the pressure and flow relationship of the impeller. However a number
of authors including, Zhang et al. (2006), Miyazoe et al. (1999), Chua et al. (2005)
and Burgreen et al. (2001), have presented CFD results of the pressure build up
over the pump impeller. Observing the pressure contours from these CFD results
they appear approximately linear. However, the results do not show the change
in pressure for different rotor speeds and initially it was assumed that the rotor
speed has no effect on the pressure distribution.
Linear Impeller Model
The linear model assumes that the pressure rises linearly from the inside radius of
the impeller blade to the outside. The pressure is assumed to be a constant value
over the inlet area until the point rin, where the impeller pressure distribution
starts. This linear model is described by equation 3.22 below.
Ppump (r) =
{
Pin for 0 ≤ r ≤ rin
(Pout−Pin)
(rout−rin) (r − rin) + Pin for rin < r ≤ rout
(3.22)
Using the definition given by equation 3.20, the force generated by the linear
pressure distribution is given by
Fpump = piPin
(
r2out − r2in
)
+ 2pi
(Pout − Pin)
(rout − rin)
(
r3out
3
− r
2
in
2
+
r3out
6
)
(3.23)
This linear model was validated against experimental data that was collected
from an in vitro experiment. Even with data fitting methods, it was clear that
the model did not accurately describe the physical system. The residual (model
values - measured values) of the fitted model as shown in figure 3.8 and it was
clear that the rotor speed had a significant effect on the rotor position. The
residual values were also very skewed in the negative direction, which indicated
that the model left pump force was too large, or the right pump and step face
force was too small. With this observation in mind, a new pressure distribution
model was pursued that took into consideration the effect of rotor speed.
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Figure 3.8: Residual of the fitted linear model against the measured values.
Nonlinear Impeller Model
After the successes in modelling the step face region, it was proposed that a
similar model could be used to determine the pressure profile over the impeller
face. Originally the step face model was derived to describe the leakage flow for
a particular pressure difference. However in this case, the flow is of no interest
and the model merely represents a nonlinear distribution of the pressure between
the two known inlet and outlet pressures. As such, the pressure distribution
parameters are defined in terms of the known inlet and outlet pressures.
Ppump (r) =
{
Pin for 0 ≤ r ≤ rin
Pout − βF2 αpρΩ2 (r2out − r2)− γq ln
(
rout
r
)
for rin < r ≤ rout
(3.24)
Where
γq (Pout, Pin,Ω) =
Pout − Pin − βF2 αpρΩ2 (r2out − r2in)
ln
(
rout
rin
)
Like in the previous case of the step face model, a parameter βF will be fitted
to the experimental data to improve the accuracy of the model. The theoretical
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value of the fitted parameters should be βF = 1, however in the step model data
fitting it was found to be approximately βF = 0.65. Figure 3.9 shows a comparison
between the linear and nonlinear pressure distribution models. This figure shows
the effect of the different rotor speeds on the pressure distribution. This non-
linear model has a smaller pressure distribution along the blades compared to
the linear model. This will help reduce the erroneously high axial forces from the
left impeller which were found in the linear model previously.
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Figure 3.9: Comparison between linear and nonlinear pressure distributions
Using this nonlinear pressure distribution the force on the impeller face for a
given pressure head is given by
Fimpeller =
pi
αp
r2inPin +
pi
αp
(
r2out − r2in
)(
Pout − βF
4
αpρΩ
2
(
r2out − r2in
)− γq
2
)
+
pi
αp
γqr
2
in ln
(
rout
rin
)
(3.25)
3.5.1.2 Step Face Pressure Distribution
An equation for the step face pressure was previously derived for the leakage
flow model in section 3.4. This model was validated against experimental data
and fitted parameters were used to accurately correlate the model to the physical
75
3.5 Axial Hydraulic Forces
system. The pressure distribution along the radius of the step face with the fitted
corrective factors k1 and k2 is
PSF (r) = P2 − k11
2
αpρ
(
r22 − r2
)
Ω2 − 6k2Qηα1
pih3
ln
(r2
r
)
(3.26)
Equation 3.26 describes the absolute pressure at a point on the annulus pro-
viding that the absolute pressure on the perimeter, P2 is given. The pressure P2
can be determined by calculating the pressure drop over the left pump journal
section and subtracting it from the left pump outlet pressure
P2 = PLout −RLQ (3.27)
The combined fluid resistance of both the left pump journal bearing and right
pump sleeve section was found to be 178 mm Hg l−1 min when the experimental
data was fitted in the previous section. However, the individual pressure drop
due to the left pump journal bearing or right pump sleeve section was unable
to be distinguished. To overcome this, a parameter for the left pump journal
bearing resistance drop will be fitted as part of the model validation stage of this
axial force model. The absolute pressure at the step face circumference can be
approximated by the following equation
Pˆ2 = PLout − βLQ (3.28)
Where βL is a data fitted estimate of the left journal section resistance. Substi-
tuting equation 3.28 into 3.26 gives
PSF (r) = PLout − k11
2
αpρ
(
r22 − r2
)
Ω2 −Q
(
βL
6k2ηα1
pih3
ln
(r2
r
))
(3.29)
In addition to the absolute pressure at the step circumference, the equation also
requires the value of the leakage flow Qleak. An estimate of the flow, Qˆleak, can
be determined from the fitted equation 3.18 which was the topic of the previous
section of this chapter.
Qˆleak =
PLout−PRout − k1 12αpρ (r22 − r21) Ω2
k3 (γR + γL)
8αpη
piαq
+ k2
6ηα1
pih3
ln
(
r2
r1
)
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With equation 3.29 and 3.18 the pressure distribution over the step face can
be determined. The force on the step face can be calculated by applying the
relationship shown in equation 3.20 in cylindrical coordinates.
FSF =
pi
αp
(
r2out − r2in
)
PLout − pik1
4
ρ
(
r2out − r2in
)2
Ω2+
− piQˆleak
αp
(
βL
(
r2out − r2in
)
+
6k2ηα1
pih3
(
1
2
(
r2out − r2in
)− r2in ln(routrin
)))
Complete Model
Combining the step face force and the left and right pump forces gives the fol-
lowing expression for the analytical hydraulic force model.
FRpump (PRin, PRout,Ω)
Fz (PLin, PLout, PRin, PRout,Ω, h,Qleak) = + FSF (PLout, PRout,Ω, h,Qleak) (3.30)
− FLpump (PLin, PLout,Ω)
Where
FLpump =
pi
αp
r2LinPLin + pi
(
r2Lout − r2Lin
)(
PLout − βF
4
αpρΩ
2
(
r2Lout − r2Lin
)− γql
2
)
+
pi
αp
γqlr
2
Lin ln
(
rLout
rLin
)
FRpump =
pi
αp
r2RinPRin + pi
(
r2Lout − r2Rin
)(
PRout − βF
4
αpρΩ
2
(
r2Lout − r2Rin
)− γqr
2
)
+
pi
αp
γqrr
2
Rin ln
(
rRout
rRin
)
γq =
Pout − Pin − βF2 αpρΩ2 (r2out − r2in)
ln
(
rout
rin
)
FSF =
pi
αp
(
r2out − r2in
)
PLout − pik1
4
ρ
(
r2out − r2in
)2
Ω2
− piQˆleak
αp
(
βL
(
r2out − r2in
)
+
6k2ηα1
pih3
(
1
2
(
r2out − r2in
)
+ r2in ln
(
rout
rin
)))
Qˆleak =
PLout−PRout − k1 12αpρ (r22 − r21) Ω2
k3 (γR + γL)
8αpη
piαq
+ k2
6ηα1
pih3
ln
(
r2
r1
)
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3.5.2 Model Validation and Data Fitting
Validation of the axial force model was performed with in vitro experimental data
from the mock circulation loop. The experimental results used to validate this
model have very briefly been introduced in the modelling section in the discussion
of the inappropriateness of the linear pressure distribution model. In the following
section the experiment will be described and the results from the data fitting and
validation will be presented.
Experiment Description
It is hypothesized that the axial force on the rotor is dependent on a number of
variables including the left and right pump inlet and outlet pressure, rotor speed
and leakage flow. This experiment aims to determine the axial force acting on
the rotor over a wide range of operating conditions. The results will be used to
validate the mathematical model that was derived.
Experiment Setup
The experiment was conducted similarly to the experiment described in section
3.4.2.1, aside from the inclusion of the JR3 force transducer (50M31, Jr3 Inc.
Woodland, CA, USA) in the experiment rig. The shaft driven prototype of the
BiVACOR device was placed in the mock circulation loop described in section
2.5.7. This experimental setup is shown in figure 3.10. The JR3 force transducer
was placed in series between the static wall and the DC motor. Any forces acting
on the rotor will be translated through the shaft and DC motor to the transducer
where it is measured. The micrometer at the top of the rig allows the precise axial
location of the rotor within the case. Four pressure sensors are located on each of
the outlets and inlets of the left and right pumps. Three flow sensors (Transonic
Systems Inc., Ithaca, NY, United States) were used to measure the right pump
inlet flow, right pump outlet flow and left pump inlet flow. As leakage between
the left and right pump sections can cause a disparity between the inlet and outlet
flows of each pump, the forth flow, left pump outlet flow, was calculated from the
other flow measurements. The pump was cannulated as close to the Mitral and
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Tricuspid valve as possible. A 38% Glycerol / 62% water mixture (by weight)
was used in the experiment to simulate a similar viscosity to blood.
Left Outlet
Right Outlet
Left
Inlet
Right Inlet
D
C
 M
o
to
r
JR3 Force
Transducer
Micrometer
Figure 3.10: Cross-sectional view of the shaft driven BiVACOR prototype fitted
with the JR3 force transducer.
Experiment Procedure
To measure a wide variety of leakage flows and pressure differences, the SVR
and PVR of the mock circulation loop were varied independently. A total of 22
different combinations of SVR and PVR were used to get the desired range of
measurement values. At each SVR and PVR combination the pump speed was
varied from 1800 rpm to 3000 rpm in 300 rpm intervals and the rotor position was
varied from +0.6 mm to −0.6 mm from the central position in 0.3 mm intervals.
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Experiment Results
The measured axial force on the rotor is shown in figure 3.11 (a) and (b). The axial
force is plotted against the outlet pressure difference between the left and right
pumps, however the choice of the independent x-axis variable is quite arbitrary
as the axial force is dependent on so many of the measured variables. Figure 3.11
(a) shows the measured axial force with the pump speed highlighted, while figure
3.11 (b) highlights the rotor position.
Discussion
It is clear from both 3.6 (a) and (b) that the axial force is highly dependent on
the rotor speed and well as the rotor position. The leakage flow model, which is
incorporated into the axial force model, previously showed a similar dependence
on these variables. As expected, the four pressure variables; PLin, PLout, PRin and
PRout, all showed a strong correlation to the axial force.
3.5.2.1 Data Fitting
The axial force model has two parameters which can be adjusted to fit the model
to the data. The first, βR, represents the left pump journal resistance, while the
second βF represents the linear constant of the centrifugal pressure term in the
impeller pressure distribution. Both of these parameters are described in terms
of the axial force model in equation 3.30. This model can be evaluated in terms
of the BIVACOR pump parameters to give the following data fitting model.
F = FRpump + FSF − FLpump
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Figure 3.11: Measured axial force with varying SVR, PVR, rotor speed and
rotor position.: (a) Rotor speed values highlighted; (b) Rotor position values
highlighted.
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With
FSF = 0.1889PLout − 1.094×10−4Ω2 − Qˆleak
(
0.1889βL +
0.1328
h3
)
Qˆleak =
PLout−PRout − 1.16× 10−3Ω2
178 + 2.74
h3
FLpump = 0.0026PLin + 0.2571PLout − 3.1×10−4βFΩ2 − 0.1225γql
γql =
PLout − PLin − 2.4×10−3βFΩ2
2.3
FRpump = 0.0026PRin + 0.0682PRout − 2.18×10−5βFΩ2 − 0.0298γqr
γqr =
PRout − PRin − 6.4×10−4βFΩ2
1.65
Unlike the linear flow model which could be parameterised into a multivariable
regression problem, the axial force model is a complex nonlinear equation that
cannot be linearised. The nonlinear fitting was treated as an optimisation problem
which seeks to find the solution to
‖yi − f (xi)‖min
‖yi − Fz (PLin, PLout, PRin, PRout,Ω, h,Qleak)‖min
Where yi are the observed values from the experiment and f (xi) are the calcu-
lated values of the model. This optimisation was run in MATLAB R© (MathWorks,
Inc., Natick, MA, United States) using the Trust-Region-Reflective algorithm.
Unlike other optimisation algorithms, this particular algorithm allows for the
specification of an upper and lower limit for the parameter values to ensure a
relevant local minimum for the function is found.
The output of the optimisation is summarised in table 3.3 and plots of the
residual can be found in the appendix section C. The optimisation was returned
values of βˆR = 48 and βˆF = 1.1. The fitted function had a R-squared value of
0.947 indicating that 94.7% of the variance of the measures values was accounted
for by the model. The residual (predicted value - measured value) was found to
be normally distributed and had a mean of µˆ = 0.042 N and a standard deviation
of σˆ = 0.45 N. This distribution of the error is within the error range of the force
transducer used. It can be concluded that the model adequately describes the
physical system.
82
3.5 Axial Hydraulic Forces
Statistic Value
R2 0.947
µˆ 0.042 N
σˆ 0.45 N
Parameter Optimised Value
βˆF 1.1
βˆR 48 mm Hg/l min
−1
Table 3.3: Statistical results from validation of axial flow model.
Using these fitted values the complete fitted model of the axial hydraulic force
is given as
F = FRpump + FSF − FLpump
With
FSF = 0.1889PLout − 1.094×10−4Ω2 − Qˆleak
(
9.1 +
0.1328
h3
)
(3.31)
Qˆleak =
PLout−PRout − 1.16× 10−3Ω2
178 + 2.74
h3
(3.32)
FLpump = 0.0559PLin + 0.2038PLout − 2×10−4Ω2 (3.33)
FRpump = 0.0207PRin + 0.05PRout − 1.13×10−5Ω2 (3.34)
3.5.3 Summary
A theoretical model of the pressure distribution was developed to describe the
axial hydraulic force on the rotor. This model was validated against experimental
data. The fitted model for the axial hydraulic force is shown in equation 3.34.
Initially a linear pressure distribution was assumed over the impeller blades; how-
ever the observed data did not support this model. The inclusion of an inertial
term in the pressure distribution in the step face region was key to refining the
model which is given by equation 3.30. Data fitting of two parameters, βˆR and
βˆF, was performed to accurately match the analytical model to the observed data.
This data fitting process returned a good fit, indicated by the R-squared value of
94.7% and a low standard deviation.
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3.6 Damping
As the rotor moves through the fluid axially, it is met by a damping force which
opposes the rotor movement. In fluid systems, the damping represents the force
required to displace the fluid in the object’s path. The rotor damping is a tran-
sient force and is only present with the rotor is moving. As such the value of
damping is only relevant for analysis of the pump with rotor movement. The
value of the damping will be included in the numerical simulation to accurately
model the forces on the moving rotor. However as the damping force is tran-
sient and small at low velocities, the accuracy and completeness of the damping
model is less significant than the other steady state forces analysed in this chap-
ter. Needless to say, its inclusion in the model is important in simulations where
rapid rotor movement and the subsequent analysis of levitation power are being
observed, such as BiVAD applications.
In linear dynamic systems the damping force is proportional to the velocity
of the object.
Fdamp = −bdz
dt
= −bz˙ (3.35)
In the BiVACOR system, there are a number of factors which can affect the
damping of the rotor movement. The displacement of the fluid and the ease
of which the fluid can be moved plays a large role in the effective damping.
Consider the case of completely occluded inlet and outlet ports. In this extreme
condition movement of the rotor in an axial direction could only displace the
fluid through the relatively small channel of the journal bearing, leading to a
high retarding force. Conversely in a case with very low preload and afterload
resistance, the fluid can easily shift in and out of the inlets and outlets in the
event of rotor movement. Another potential nonlinearity in the damping could
arise from different position of the rotor. Different damping forces could result
from the rotor moving at an equal velocity in two different axial regions.
Due to the large number of factors and elements affecting the damping, theo-
retical calculation of the value would be a very difficult and highly erroneous task.
As such, the value of the damping will be determined experimentally. To reduce
the complexity of the experiment a number of simplifications and assumptions
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will be made. In particular, the damping will be determined at the normal oper-
ating condition of the pump. Determining the damping value at every possible
operating condition is a very large task and would produce a level of accuracy
that is not required of this project. Preliminary experiments revealed that the
damping was approximately constant for the region surrounding the normal op-
erating point. As such, it was assumed for this particular model that rotational
speed, hydraulic performance and rotor position were not factors on the damping
values. These assumptions reduced the damping to a linear system similar to the
one shown in equation 3.35.
3.6.1 Experiment design
An experiment was designed to determine the force due to the damping by mea-
suring the force acting on the rotor as it is moved within the pump casing. The
rotor was moved through a set distance at a near constant velocity while the
resulting force was measured. Figure 3.12 shows the theoretical force, velocity
and position of the rotor throughout the experiment. To achieve an accurate
and relevant result, the pump must be run at its nominal operating condition of
∆PL = 100 mm Hg, ∆PR = 20 mm Hg and Q = 5 lmin
−1. In this condition the
left pump, right pump and step face regions on the rotor will produce a net axial
hydraulic force as described in the previous section 3.5. Perturbation of the rotor
in the axial direction will result in a change in this steady state hydraulic force
over the distance travelled. This change in hydraulic force is shown in the top
plot of figure 3.12. To account for this, the steady state forces before and after
the rotor movement will be measured and a linear interpolation of the steady
state hydraulic force will be deducted from the measured force as the rotor moves
from point z1 to z2. The rotor will initially go through a period of acceleration
to reach its constant velocity value as well as a deceleration at the end of the
movement. The regions of acceleration, deceleration and constant velocity are
shown in the middle plot of figure 3.12. The resulting damping force due to this
rotor velocity is shown in the top plot of the figure. Only the region of constant
velocity will be used to determine the damping factor.
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Figure 3.12: Theoretical force on the moving rotor. The bottom plot shows the
perturbation of the rotor’s position from 0 mm to 0.3 mm. The velocity of the
rotor due to this movement is shown in the middle plot. The top plot shows the
force on the rotor due to both the change of hydraulic force and the damping.
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3.6.2 Experiment Description
This experiment seeks to determine a value for the damping of the BiVACOR
rotor, while running at its optimal operating condition. It is assumed that the
damping factor is a linear function of the rotor velocity.
Experiment Setup
This experiment was conducted with the experimental rig described in 3.5.2 and
was shown previously in figure 3.10. The shaft driven prototype of the BiVACOR
device was placed in the mock circulation loop described in section 2.5.7. A metal
armature was attached to the drum of the micrometer at the top of the rig to allow
for easier movement of the rotor at a constant velocity. The arm was configured
with stops such that a movement of 0.3 mm or 216 degrees was achieved each
time. A displacement of 0.3 mm was chosen as this was the distance that the
armature could move smoothly and efficiently. The pump was run in TAH mode
with no ventricular contractility and was cannulated in the ventricles. A 38%
Glycerol / 62% water mixture was used in the experiment to simulate a similar
viscosity to blood.
Experiment Procedure
While the pump was running, the JR3 force transducer was zeroed (offset) at
the first position and then the metal armature was rotated throughout its range
of movement. Now at the second position, the JR3 force transducer was re-
zeroed and the arm was returned to the first position to repeat the experiment
in the backwards direction. This procedure was repeated 20 times with fluid.
The procedure was also completed without fluid to determine the effect of the
frictional forces. These frictional forces were removed from the fluid experiment
results to isolate the damping effect of the fluid.
Experiment Results
The measured results of the experiment are shown in figure 3.13 (a). The expected
force is also indicated in figure 3.13 (a) with a solid line. The change in static
hydraulic force over the movement distance was subtracted from the measured
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result and the region of constant velocity and consequently damping force was
identified. The damping factor b was then calculated using the following formulas.
z˙ ≈ z2 − z1
∆t
(3.36)
b = −Fdamp
z˙
(3.37)
b = −Fdamp∆t
z2 − z1 (3.38)
The calculated damping values for each experiment is shown in figure 3.13 (b).
The mean damping value from all the experiments is 0.9261 N s mm−1.
Discussion
The damping of the rotor due to the fluid is an important element of transient
dynamics of the rotor and levitations system. Damping can significantly change
the time and power cost associated with a movement of the rotor. However, in
static or slow moving systems, such as the TAH application, it’s effect can be
small or negligible. An linear approximation to the complex damping force was
determined using results from a experiment.
The estimated damping force is smaller than the hydraulic forces measured
previously in this chapter, but of the same magnitude. As such the levitation
forces required to stabilise the rotor will be able to move the rotor to a desired
position in a desirable time for the TAH application.
3.7 Magnetic Bearing Forces
Prior to the commencement of this project, preliminary work into the magnetic
bearing (MB) design was performed by Kurita et al. (2008). This initial work had
been focused on the construction and initial testing of the MB force capabilities.
To achieve the project aims, the magnetic bearings needed to be integrated into
the pump design and successfully suspend the pump rotor.
To achieve this, a levitation control system must be designed that can feed
the appropriate current into each magnetic bearing to balance the axial forces at
any given rotor position. Design of the levitation controller requires a detailed
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Figure 3.13: Results for damping experiment. The rotor was moved a distance
of 0.3 mm and the resulting force was measured: (a) Measured force on the rotor
due to movement of the rotor by 0.3 mm; (b) Calculated damping value from each
experiment;
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understanding of the force/current/position relationship of the magnetic bearings.
It has been shown by a number of authors that this characteristic relationship is
inherently nonlinear.
The mathematical modelling of the magnetic forces is critical for the design
of optimized or nonlinear levitation control systems. The models will also be in-
corporated into the numerical model of the device and human circulatory system.
The inclusion of the levitation forces in the numerical simulation allows for the
design and testing of the levitation system using this simulation tool.
In a similar manner to the other sections of this chapter, the analysis of the
magnetic force will be pursued through; theoretical analysis, analytical modelling,
validation and data fitting. However, in addition to the empirical experimental
results, 3D Magnetic finite element method (FEM) software was used to simulate
the magnetic bearings. Magnetic field strength and distribution, leakage flux flow
paths, core saturation, magnetic energy and flux reversal can all be determined
from the FEM simulations. As such, analysis using FEM can give additional
insight into the performance and operation of the magnetic bearings compared
to traditional experimental results.
Magnetic Bearing Design
The BiVACOR device uses three magnetic bearings evenly distributed around
the right pump axial face. Each of these magnetic bearings consist of a U-shaped
magnetic stator, permanent magnet and wound coil. These elements are indi-
cated in figure 3.14 which shows an single magnetic bearing. A ring of magnetic
material embedded in the rotor is used as a target for the magnetic bearings. The
parameters of the magnetic bearings and the target are given in table 3.4.
3.7.1 Modelling
One of the simplest ways to model magnetic systems analytically is to use mag-
netic circuit theory. Magnetic circuit theory is often referred to as an electrical
analogue as it seeks to analyse the magnetic system in a similar manner to elec-
trical circuit analysis. Using this method, the force between the rotor and the
electromagnet can be deduced analytically by determining the change of energy
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Figure 3.14: Diagram of the magnetic bearing including, stator, permanent mag-
net and electromagnetic coil.
in system [Lu et al. (1998)]. Using magnetic circuit theory also allows for the in-
clusion of permanent magnets in the flux path as well as electromagnet sources.
Analysis of a magnetic system incorporating permanent magnets was demon-
strated by Onuma et al. (2005) and was used in a model of tilt and vertical
displacement of a suspended pump rotor.
3.7.1.1 Magnetic Circuit Analysis
Magnetic circuit theory can be used to analyse non-hysteretic magnetic systems
by reducing them to an equivalent linear magnetic circuit. To achieve this, one
or more closed loop flux paths are created with equivalent magnetic sources and
reluctances. The accuracy of this analysis technique is heavily dependent on the
equivalent circuit used. In many scenarios, the flux is confined to the highly
permeable magnetic core. However in many cases, airgaps and regions of leakage
flow are present in the system and are included.
The lumped flux paths chosen for the equivalent circuit must be able to accom-
modate the flux movement in the physical system. To better understand where
the flux flows in various operating conditions, finite element method (FEM) anal-
ysis can be used. A 2D FEM model of the magnetic bearing was created in the
FEMM software package. The bearing was modelled at different coil currents and
various target distances. Figure 3.15 shows the results of three simulations with
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Parameter Value
Magnetic Bearing
Stator Height 21.5 mm
Stator Material S45C Iron
Coil Turns 276 turns/pole
PM flux density N45
PM Thickness 3 mm
Rotor Target
Outer Diameter 49.5 mm
Inner Diameter 27 mm
Thickness 2 mm
Table 3.4: Physical parameters of the magnetic bearings.
three different coil currents; 3.15(a) shows 1 A, 3.15(b) shows 0 A and 3.15(c)
shows −1 A. It is clear that as the coil current increases or decreases, flux begins
to leak between the legs of the stator without passing through the permanent
magnet or airgap. Additionally at large negative currents flux generated by the
permanent magnet is shown to bypass the stator path and form an independent
loop.
To accommodate these identified flux paths, the equivalent circuit shown in
figure 3.16 was generated. The magnetic reluctance of the stator and rotor ele-
ments was assumed to be negligible as its relative permeability is much higher
than that of the airgap, permanent magnet and leakage flux path (Rairgap >>
Rstator). The permanent magnets used in the magnetic bearing are NbFeB mag-
nets which have a magnetic permeability of close to free space (µPM ≈ µ0). As
such, the equivalent circuit of the permanent magnet consists of a DC magneto-
motive force (Ieq) and a magnetic reluctance (RPM). The magnetic motive force
generated by the electromagnetic coils is equal to the number of turns multiplied
by the current through the coils (Ni). A leakage flux path connects the two legs
of the bearing stator together to allows flux to bypass the rotor. This alternative
flux path becomes significant in cases where the airgap is large (Rairgap > Rleak).
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(a) (b) (c)
Figure 3.15: 2D flux distribution of magnetic bearing with different coil currents.
Generated by FEMM Software package. (a) Coil current 1A; (b) Coil current 0A;
(c) Coil current -1A.
The solution to the equivalent magnetic circuit shown in figure 3.16 can be
determined by using Kirchhoff’s circuit laws
 Rleak1 −Rleak1 0−Rleak1 Rleak1 +RPM + 2Rg −RPM −Rg
0 −RPM −Rg Rleak2 +RPM +Rg
ψ1ψ2
ψ3
 =
 NiIeq
−Ieq

Aψ =v
The energy of the system is defined as
E =
1
2
vTψ =
1
2
vTA−1v
The force acting on the rotor can be determined by observing the change of the
system energy for a change in rotor position.
F =
∂E
∂`g
With a change of derivative variable the force can then be expressed in terms of
the matrix system
F =
−1
µ0Ag2
vTA−1
∂A
∂Rg
A−1v (3.39)
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Figure 3.16: Equivalent magnetic circuit overlaid on cross-section of magnetic
bearing.
Evaluating equation 3.39 gives
F =−
2 [Ni+ Ieq]
2 (1 + γMB) + [Ni+ 2Ieq]
2 γ2MB + 2Ieq [Ni+ 2Ieq]
Rpm
Rleak2
+ I2eq
R2g
R2leak2
2µ0Ag
(
Rpm + 2Rg +
RpmRg
Rleak2
+
R2g
Rleak2
)2
(3.40)
Where
γMB =
Rpm +Rg
Rleak2
(3.41)
The analytical force model presented in equation 3.40 shows a complicated quo-
tient relationship between force, airgap and coil current. Analysis of the numer-
ator shows a multi-variable polynomial relationship of the permanent magnet
MMF (Ieq) and the coil MMF (Ni). The denominator of the function shows a
cubed polynomial relationship with the airgap reluctance. As expected, an in-
crease of the airgap, and consequently airgap reluctance (Rg), would decrease the
force generated by the magnetic bearing.
3.7.2 FEM Simulation
FEM analysis of the magnetic bearings was conducted using the ANSYS software
package (ANSYS, Inc., Pittsburgh, PA, United States). The 3D FEM Simulation
94
3.7 Magnetic Bearing Forces
was used to determine the magnetic field distribution in the system including,
leakage flux and core saturation which was neglected from the model due to the
difficulties in determining these elements analytically. The calculated flux distri-
bution for this condition is shown in figure 3.17. FEM analysis was performed
on the system at all expected operating points, such as maximum positive and
negative coil current over the full range of rotor displacements. The analysis
indicated that the magnetic material does not saturate when operating at any
of the device’s operating points. As such the thickness of the backiron could be
reduced without a significant reduction in performance. This will be considered
in future design iterations.
Figure 3.17: 3D Magnetic FEM analysis of the 3 magnetic bearings of the BiVA-
COR device. Darker regions indicate higher magnetic field strength.
3.7.3 Model Validation and Data Fitting
The model proposed in equation 3.40 is a large simplification of the real mag-
netic bearing system. A number of simplifications regarding the leakage flux and
circuit reluctance have been made throughout the modelling process to achieve
this analytical solution. However, the fundamental characteristic of the magnetic
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bearing force is captured within this model. Data fitting with empirical results
will increase the accuracy of this model and make it relevant for use in the nu-
merical simulation. In the following section, the magnetic bearing axial force
experiment will be described and the results from the data fitting and validation
process will be presented.
Experiment Description
This experiment will determine the force/current/position relationship of the
magnetic bearings. This data will be used to fit a theoretical model of the force.
Experiment Setup
A micrometer and shaft was attached to the rotor to restrict its axial position to
a defined clearance. The JR3 force transducer (50M31, Jr3 Inc. Woodland, CA,
USA) was placed in series between the fixed wall and the shaft to measure the
magnetic force acting on the rotor target. Each bearing was tested individually
and the tests were repeated multiple times.
Experiment Procedure
The airgap between the MB and the target was varied from 0.5 mm to 2.2 mm
in increments of 0.2 mm. At each separation distance the magnetic bearing was
excited by current between −3 A and 3 A in 0.5 A intervals.
Experiment Results
The measured axial force on the rotor is shown in figure 3.18
Discussion
The results shown in figure 3.18 show a turning point of the force at I ≈ −0.75 A.
At this excitation current the electromagnet has cancelled the maximum amount
of the permanent magnet flux, however due to leakage flux there is still a signif-
icant attractive force. Higher levels of negative excitation current will begin to
increase the flux density and the force will increase again. This phenomenon was
predicted in the analytical model. However this is an unwanted characteristic
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Figure 3.18: Measured force of an individual MB.
of the magnetic force. Importantly, the minimum force value of the magnetic
bearings is quite high, which limits the magnetic levitation system’s ability to
operate when the rotor is close to the magnetic bearings. The magnetic bearing
force/current stiffness is approximately 2 N A−1 at 0 A and the force/displacement
stiffness is 7.5 N mm−1 at 1 mm.
3.7.3.1 Data Fitting
Section 3.7.1 presented a derivation of an analytical model for the magnetic bear-
ing force. From the 2D and 3D FEM analysis performed on the system it was
clear that this particular design of magnetic bearing has significant leakage flux.
Steps were made to encompass a number of leakage flow paths into the analytical
model, however determining reluctance values for the leakage paths could not
be performed theoretically. Variation of the ideal and practical performance and
field strength of the permanent magnets as well as the stator materials would also
introduce error into the theoretical model. Despite the shortcomings of the ana-
lytical model, it captured the ideal characteristic response of this type of magnetic
bearing and is ideal for data fitting purposes.
The theoretical model for the magnetic bearing force is given by equation
3.40. This equation is quite complex, non-linear and would be difficult to fit in its
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current form. To simplify the fitting process the theoretical equation was reduced
to its generic form, namely a quotient of two polynomials. The numerator of the
analytical equation consists of a multi-variable polynomial of the coil current (icoil)
and airgap distance (zmb), while the denominator is a squared binomial of the
airgap distance. To account for any factors not included in the equivalent circuit
model the numerator polynomial included all elements of the 2nd order multi-
variable polynomial. The fitting function used for the axial magnetic bearing
force is given by equation 3.42.
F (zmb, icoil) =
∑2
i=0
∑2
j=0 βmb,ijz
i
mbi
j
coil
(γmb,0 + γmb,1zmb + z2mb)
2 (3.42)
The nonlinear fitting process was run multiple times with various constants
of the numerator polynomial set to zero to determine their significance. Finally,
the model with the best fit characteristics was returned and is shown in equation
3.43.
F (zmb, icoil) =
5.35zmbi
2
coil + 1.21z
2
mbicoil + 2.785i
2
coil + 12.45icoil + 104.2zmb
(0.86 + 3.7zmb + z2mb)
2
(3.43)
The fitted model had a residual mean of µˆ = 8.9×10−5 N and a standard
deviation of σˆ = 0.11 N indicating a good fit. The R-squared value of the fit
was 0.9935 indicating that 99.35% of the variation in the observed data was
explained by the model. A distribution plot and histogram of the residuals is
shown appendix C in figure C.3.
3.7.4 Summary
An analytical model of the force generated by the magnetic bearing was derived
using magnetic circuit theory. The equivalent magnetic circuit was developed by
observing the results of 2D FEM simulations. The resulting force model was very
complex and nonlinear. A 3D FEM study was used to determine the 3D flux
distribution of the system and to check for core saturation. An experiment was
conducted to determine the actual force generated by the bearings. A modified
version of the analytical model was fitted to the data and returned a good fit.
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3.8 Electric Motor Forces
Axial flux motors are much less common than their radial counterparts, however
they have been proposed for the use in a number of different commercially avail-
able rotary blood pumps, including, but not limited to the HVAD
TM
(HeartWare
International Inc., Framingham, MA, United States), DuraHeart LVAS (Terumo
Heart, Inc., Ann Arbor, MI, United States) and HeartMate R© III (Thoratec Cor-
poration, Pleasanton, California, United States). In addition to commercial blood
pumps, Onuma et al. (2005), Ueno & Okada (2000a) and Okada et al. (2005) have
presented the development of axial flux motors for use in blood pumps. Their
design can make use of the ample axial area of centrifugal pumps and can reduce
the radial dimensions of the device. Sitapati & Krishnan (2001) and Zhang et al.
(1996) showed that the power and torque densities of axial flux motor is superior
to that of radial designs. In the case of the BiVACOR pump, the axial design is
critical for the magnetic levitation system, but also reduces the size of the device.
In a similar manner to the magnetic bearings, prior to the commencement of
this project the motor of the BiVACOR device had been designed and tested.
The motor is a 6 pole axial flux synchronous motor with 4 permanent magnets
embedded on the rotor. The motor is typically run as an open-loop synchronous
motor, however hall effect sensors or back EMF measurements can be used to run
the motor in a closed loop scheme.
The motor of the BiVACOR pump provides torque to both the left and right
impellers via the common rotor. Due to its inherent design, the motor produces
an axial attractive force on the rotor. This attractive force is counteracted by
the magnetic bearings to suspend the rotor. The axial flux motor sits on the
left pump side of the BiVACOR device as shown in figure 2.16. The permanent
magnets and backing iron which form the target to the motor stator, must be
placed underneath the left impeller blades (1.4 mm) and a rotor cover (0.4 mm).
The motor stator is positioned behind the casing which has a minimum thickness
of 1 mm due to the current manufacturing technique. Additionally there is the
movement of the rotor from the centre position (0.25 mm). As such the minimum
distance between rotor magnets and the motor stator is 3.05 mm when accounting
for the impeller blades, rotor cover, stepface gap and left pump casing.
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In depth analysis of this type of motor has previously been conducted by
Ueno & Okada (2000b), Okada et al. (1997), Okada et al. (2005), Masuzawa
et al. (2003). This section seeks to validate the attractive force model proposed
by these authors using experimental data.
3.8.0.0.1 Motor Torque Requirements
To provide normal hemodynamics to the systemic and pulmonary system, a TAH
requires an output hydraulic power of approx 1.33 W. The stage efficiency of the
device varies for different speeds and rotor positions. In depth analysis of the
pump stage efficiency is given in section 4.3.3 of this report. For this analysis it
can be determined that with a typical hydraulic efficiency of ≈ 30%, the motor
must generate 4.43 W [Greatrex et al. (2010)]. With a nominal rotational speed
for this condition of 2500 rpm, the torque requirement of the motor is τ = P
ω
=
0.017 N m. However, higher torque values up to 0.04 N m may be needed for
elevated hemodynamic requirements.
3.8.1 Modelling
Although the literature and publications on axial flux motors is not as compre-
hensive as other types, many authors including Liu et al. (2004), Furlani (1997),
Furlani (1994), Platt (1989), Takano et al. (1992), Kurronen & Pyrhonen (2007)
and Geetha & Platt (1992) have presented thorough analytical analysis on their
performance and their magnetic fields. Unlike radial motors which have geomet-
rically distributed windings to balance any attractive forces, axial flux motors
produce a significant axial attraction between the stator and rotor. Even without
coil excitation, the permanent magnets placed on the rotor will have an inherent
attraction to the ferrite material of the stator.
The motor is run in synchronous mode, with the stator coils excited by si-
nusoidal current signals. The sinusoidal excitation currents generate a rotating
stator magnetic field which interacts with the rotor magnetic field generated by
the permanent magnets. Under normal operating conditions, the rotor will follow
the rotating stator magnetic field synchronously. At synchronous speed there will
be a phase lag (δ) between the rotor and stator magnetic fields. At zero phase lag
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δ = 0, the two magnetic fields are aligned perfectly and no torque is produced,
however there is a large attractive force between the magnetic fields. As the phase
angle, δ, increases torque is produced on the rotor as the two magnetic fields try
to realign. Even at high phase angles, an attractive force will continue to be pro-
duced due to the permanent magnet attraction to the iron stator, however this
attractive force will be at a minimum when δ approaches 90o. Large torque loads
on the rotor increase the phase angle δ towards 90o, conversely, in situations with
low torque requirements (no fluid) the phase angle will be close to 0o.
The motor is currently run using an open loop excitation scheme, with 3 phase
current signals being fed into the stator coils. The speed of the motor will be
dictated by the frequency of the excitation current. Changes to the rotor torque
load (for example, changes to the body hemodynamics), will vary the phase angle
δ, however no direct measurement of this parameter is made. In cases where the
load torque exceeds the maximum torque produced by the rotor (δ = 90o) the
rotor will fall out of synchronisation and will stop rotating. This open loop control
methodology is very simple and easy to implement, however care must be made
such that the rotor does not fall out of synchronisation.
The attractive force and torque produced by this motor has previously been
derived by Ueno & Okada (2000b);
Fmotor =
3PL′0
4 (10−6) (zmotor + `PM)
2
(
I2s,m + 2Is,mIeq,m cos (δ) + I
2
eq,m
)
(3.44)
τmotor =
3PL′0
2 (10−3) (zmotor + `PM)
Is,mIeq,m sin (δ) (3.45)
Where L′0 is the effective inductance, P is the number of poles, zmotor is the airgap,
`PM is the thickness of the permanent magnets, im is the current amplitude of the
stator excitation current, Ieq,m is the equivalent MMF produced by the permanent
magnets and δ is the phase angle between the rotor and stator magnetic fields.
The terms 10−6 and 10−3 in the denominator of the equations are to account of
the use of mm as the measure of distance instead of the SI unit m. Parameters
L′0 and Ieq,m, depend on the size, material and permanent magnet strength used
in the motor. As such it is difficult to determine the values of these parameters
theoretically and therefore will be determined experimentally for this particular
motor design.
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3.8.2 Empirical Measurement of Motor Forces
To validate equations 3.44 and 3.45 an experiment was conducted to determine
the force on the rotor. Unfortunately, the JR3 force transducer that has been
used in the force experiments so far has a relatively low sensitivity to torque
compared to axial force. In particular measurement of low torque values, like
the ones in a rotary blood pump, would be highly erroneous using this sensor.
Due to this, determining the unknown values of the torque equation such as
L′0 and Ieq,m, was done through the axial force equation. The torque and axial
force equations are quite similar and feature the same parameters. Validation
of the axial force equation in its current form will inherently validate the torque
equation. However, future work on this project should include the measurement
of the motor torque with a more sensitive torque sensor.
Experiment Description
This experiment was used to validate the axial force equation and determine
the unknown parameters L′0 and Ieq,m. The determined values for the unknown
parameters was used in the analytical torque equation 3.45. To easily fit the
parameters, the motor was operated at 0 rpm so that the phase angle, δ, between
the two magnetic fields is kept at zero δ = 0. This reduced the complexity of the
analytical model and reduce the fitting error.
Experiment Setup
Like the experiment proposed in section 3.7.3, a micrometer and shaft was used
to fix the rotor at a particular axial displacement. The JR3 force transducer
(50M31, Jr3 Inc. Woodland, CA, USA) was placed in series between the fixed
wall and shaft such that the axial force on the rotor was transferred through the
transducer.
Experiment Procedure
The attractive force was measured while the speed was at 0 rpm and the phase
angle was at zero δ = 0. The stator excitation current was varied from 0 to 3 A
in intervals of 0.25 A. This experimental procedure was repeated at each axial
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clearance from 2.1 mm to 4 mm in intervals of 0.1 mm. The whole experiment
was repeated three times.
Experiment Results
The measured axial force on the rotor is shown in figure 3.19
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Figure 3.19: Measured Motor Force. In this experiment the torque angle was
kept at zero (δ = 0).
Discussion
Preliminary observation of the force results indicate the squared relationship out-
lined in the theoretical model was present in the experimental data. As described
in the introduction of this section the minimum distance between the permanent
magnets placed on the rotor and the motor stator is 3.05 mm. Even at clearances
much larger than this value, the attractive force is high indicating that balanced
levitation of the rotor close to the right pump side would be achievable.
3.8.3 Data Fitting
The theoretical models for the force and torque presented in equations 3.44 and
3.45, have two parameters, L′0 and Ieq,m that must be determined from exper-
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imental data. The thickness of the permanent magnets is `PM = 1 mm. The
experiment conducted kept the phase angle of the motor to zero (δ = 0) which
leads to the following simplification of the axial force model
Fmotor =
3PL′0
4 (10−6) (zmotor + `PM)
2
(
I2s,m + 2Is,mIeq,m cos (0) + I
2
eq,m
)
Fmotor =
3PL′0
2 (10−3) (zmotor + `PM)
2 (Is,m + Ieq,m)
2
Nonlinear data fitting methods were used to determine the parameters L′0 and
Ieq,m. The results from the fitting are given in table 3.5 The fitted equation is
Statistic Value
R2 0.9985
µˆ −0.018 N
σˆ 0.15 N
Parameter Optimised Value
L′0 4.27×10−6
Ieq,m 3.17
Table 3.5: Statistical results from validation of motor force model.
given by
Fmotor =
6.4
(zmotor + 1)
2
(
I2s,m + 2 · 3.17Is,m cos (δ) + 3.172
)
(3.46)
The R-squared value of the fit was 0.9985 indicating that almost all of the vari-
ation present in the observed data was explained by the model. Plots of the
residual of the fit are shown in figure C.4. The residual of the fit was normally
distributed and had a mean value of µˆ = −0.018 N and a standard deviation of
σˆ = 0.15 N. These fitting statistics indicate that this model was a very good fit
for the data and validates the axial force model.
Using the values of L′0 and Ieq,m determined by the axial force model, the
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torque equation is given by
τ =
3 · 2 · 4.27×10−6
2 · 10−3 (zmotor + 1)Is,m3.17 sin (δ) (3.47)
τ =
0.0128
zmotor + 1
3.17Is,m sin (δ) (3.48)
3.8.4 D-Q Control of the motor
In addition to the open loop commutation method described above the motor can
be run in a closed loop scheme. The closed loop commutation scheme requires an
estimate of the rotor circumferential position in order to determine the correct
stator current. In a contactless system such as the BiVACOR pump, accurately
determining the rotor position can be difficult. Many motor controllers use the
back EMF generated by the passing permanent magnets, while others use hall
effect sensors.
To investigate the advantages of closed loop motor commutation, a new rotor
and casing was created. Small permanent magnets embedded around the radial
circumference of the rotor were detected by hall effect sensors placed in the casing.
The closed loop control system was successful in running the motor and was
able to provide direct and quadrature current control over the rotor. The direct
component of the stator current signal contributes to the axial attractive force of
the rotor, however has no effect on the torque, while the quadrature component
of the current is proportional to the torque and has a bearing on attractive force.
Using this closed loop motor drive system, an experiment into the effect on the
direct and quadrature current components was conducted. Using the prototype
described above, the stator coils were excited by a number of different direct
and quadrature current combinations. The results in figure 3.20 show that while
the quadrature current has a very strong correlation with the speed, the direct
current had no bearing on the speed. As the rotation speed of the system is
proportional to the torque delivered, this result indicates that the torque can be
controlled by the level of quadrature current alone. Although the direct current
has no influence over the torque provided, it does lead to higher attractive force
values.
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Figure 3.20: The effect of direct and quadrature current on the motor speed and
torque. (a) Variation of the direct current does not have any effect on the speed;
(b) Variation of the quadrature current is strongly correlated with the speed and
hence torque.
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Using this closed loop system the attractive force on the motor can be con-
trolled independently of the torque. This system would be a very big advan-
tage when operating the magnetic levitation system. However the difficulty in
detecting the rotor position in the prototype BiVACOR device has limited its
application. Further investigation into this promising method is required.
3.9 Radial Forces
Radial suspension of the rotor in the BiVACOR device is achieved with a short
plain journal bearing. To observe the stabilising effect of the journal bearing,
two radial sensors were used to measure the rotor displacement whilst the pump
was running with either fluid or air. In the presence of fluid, the journal bearing
should provide enough force capacity to suspend the rotor in the radial direction.
Conversely without fluid in the pump, the journal bearing will not be able to
operate effectively with the low viscous air and the rotor will not be stabilized.
To test this, a magnetically levitated prototype device was used. Using the
magnetically levitated devices ensures that the rotor is not constrained in any
direction. Two Eddy current position sensors were placed 90o apart on the cir-
cumference of the journal bearing. The sensors and device were orientated such
that gravity was acting in the direction of the negative x axis. The rotor was ac-
celerated up to 2000 rpm and the radial movement was recorded in the presence
of fluid and without. As blood as a higher viscosity than pure water so a 38%
Glycerol / 62% water mixture (by weight) was used in the experiment.
Figure 3.21 shows the movement of the rotor at 2000 rpm with both air and
the Glycerol solution. It is clear that in the presence of the Glycerol solution
the movement of the rotor was considerably reduced. In particular it was ob-
served from the Glycerol experiment that the rotor lifted off the casing and was
suspended without contact near the centre of the case.
3.9.1 Passive Magnetic Radial Stability
In addition to the hydraulic forces stabilising the rotor in the radial direction,
there is also a passive magnetic reluctance force. As the rotor moves off the mag-
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Figure 3.21: Radial movement of the rotor at 2000 rpmin air and glycerol.
netic centre in the radial direction, the magnetic components and the magnetic
material on the rotor will be miss-aligned by a small distance. This movement
will cause the overall reluctance of the flux path to increase slightly. This increase
to the flux flow will decrease the energy in the system. This change in energy for
a change in displacement will result in a restoring force as described by equation
3.50.
F =
∂E
∂x
(3.49)
F ≈ Ex2 − Ex1
x2 − x1 (3.50)
The energy in the magnetic system can be defined as
E =
1
2
ΦF (3.51)
E =
1
2
Φ
F2
R
(3.52)
Hence
F ≈ 1
2
F2
Rx2
− F2
Rx1
x2 − x1 =
F2
2Rx1Rx2
Rx1 −Rx2
x2 − x1 (3.53)
Because the change in position results in an increase of reluctance, the system
exhibits a force against the direction of movement.
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An initial prototype of the magnetic levitation system utilised the axial bear-
ing, motor and a rotor without impeller blades. This levitation prototype was not
run with fluid and had a large air gap between the rotor and the radial casing.
Levitation of this prototype was successful and rotation up to 2000 rpm was also
achieved. Although it could be audibly ascertained that the rotor did touchdown
in the radial direction occasionally, the experiment indicated that the passive
magnetic suspension force was present.
From the analysis presented above it can be determined that small perturba-
tions of the rotor in the radial direction would not produce significant restoration
forces due to the very small change in the magnetic reluctance Rx2 . To effec-
tively produce sufficient hydrodynamic force, the radial clearance of the journal
bearing section needs to be 50µm along the radius. This small clearance does
not allow sufficient change in the magnetic reluctance of the flux path to produce
a significant force. 3D FEM analysis of this system agreed with this hypothesis,
returning a very small restoring force for movements of 50µm. As such, in the
presence of the journal bearing, the passive radial magnetic forces were dwarfed
by the hydraulic force of the journal bearing.
3.10 Mathematical Model of Complete System
The previous sections have analysed a number of the major forces acting in the
system. This section seeks to combine the models together into a single mathe-
matical model of the system dynamics.
3.10.1 Centre of Gravity
The centre of gravity for an object is important for understanding the dynamics
of the system. In particular the centre of gravity plays an important part in de-
termining the angular forces and kinetics of the rotor when subjected to external
forces. The position of an object’s centre of gravity can be determined using the
following formula 3.54 [Meriam & Kraige (2003)].
R =
1
M
∫
ρ (r) rdV =
∫
ρ (r) rdV∫
ρ (r) dV
(3.54)
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The rotor is constructed with a number of different materials depending on
their operational requirements. A cross-section on the rotor is shown in figure
3.22. All outside materials of the rotor must be constructed with waterproof
materials as they will be in contact with the fluid in the pump. To reduce weight
and reduce the complexity of manufacturing, the right and left impellers are rapid
prototyped from a water resistant acrylic based photopolymers. The permanent
magnets used for the motor are neodymium magnets (NdFeB) which sit on the
motor target and are covered by the left impeller casing. The motor and magnetic
bearing target cores are made from iron due to its favourable magnetic properties.
The radial gap between the rotor and the journal bearing is very small and to
obtain the required tolerance and minimise corrosion the radial rotor core is
constructed from stainless steel. The rotor core is hollow to reduce the weight of
the rotor, however it has cutouts to fit the target cores.
3.10.2 Magnetic Bearing Distance
Right Impeller
Magnetic Bearing 
Target Core
Motor Target Core
Permanent Magnets
Left Impeller
Rotor Core
Figure 3.22: Cross-section of the rotor with different components indicated. The
two target cores are manufactured from iron, while the rotor core is made from
stainless steel. The left and right impellers are a polymer printed by a rapid
prototyper. The permanent magnets are neodymium type magnets.
Without loss of generality, it is assumed that the geometrical origin of this
object is the centre of the rotor core, discarding the left and right impeller sec-
tions. Because the left and right impellers and the neodymium magnets are much
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lighter than the metal components, it is assumed that they have a negligible effect
when determining the centre of gravity for the rotor. Therefore for the sake of
determining the centre of gravity, the rotor can be considered to be constructed
from only the metal components, namely the rotor core, magnetic bearing target
and motor target. As the motor and magnetic bearing targets are identical and
positioned symmetrically, the centre of gravity of this object is in the centre of
this cylindrical body.
3.10.3 Magnetic Bearing Force
The magnetic bearing system consists of 3 individual magnetic bearings evenly
distributed at 120o intervals around the right pump case at a constant radius
rmb. Figure 3.23 shows a diagram of the magnetic bearings around the right
pump case.
120
o
Left outlet
Right outlet
Right inlet
120
o
MBu
MBv
MBw
x axis
y axis
rMB
Figure 3.23: Drawing of the top of the BiVACOR device showing the position of
the magnetic bearings.
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In regards to the magnetic bearing elements, the rotor can move along the z-
axis or rotate around the x or y-axes giving it three degrees of freedom (z, θz and
θy). Any perturbation of these degrees of freedom will result in a change to the
separation of each individual magnetic bearing element. The distance between
the rotor and the each individual magnetic bearing element is given by the matrix
relationshipzmb,uzmb,v
zmb,w
 =
1 −rmb sin (φmb,u) rmb cos (φmb,u)1 −rmb sin (φmb,v) rmb cos (φmb,v)
1 −rmb sin (φmb,w) rmb cos (φmb,w)
 ztan (θx)
tan (θy)
 (3.55)
zmb,uzmb,v
zmb,w
 =
1 −rmb sin (0) rmb cos (0)1 −rmb sin (2pi3 ) rmb cos (2pi3 )
1 −rmb sin
(
4pi
3
)
rmb cos
(
4pi
3
)
 ztan (θx)
tan (θy)
 (3.56)
zmb,uzmb,v
zmb,w
 =
1 0 19.21 −16.6 −9.6
1 16.6 −9.6
 ztan (θx)
tan (θy)
 (3.57)
3.10.3.1 Axial Force
The force from each of the magnetic bearings acts individually on the rotor in
the axial direction. The total axial force generated by the magnetic bearings is
equal to their sum.
Fmb,total =
∑
i=u,v,w
Fmb,i = Fmb,u + Fmb,v + Fmb,w (3.58)
3.10.3.2 Moment of Force
In addition to the linear acceleration, the external forces acting on the rigid body
can cause angular acceleration. Unbalanced hydraulic forces will be present in
the device and will cause moments of force to act on the rotor. The experimental
setup that was used to investigate the forces was unable to translate the moments
acting on the rotor to the force transducer. As such, the moments were unable
to be measured accurately. Due to the difficulties in measuring these moments,
it was outside the scope of this project to accurately model and validate these
moments.
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The active magnetic bearings are controlled individually and are distributed
around the axial face allowing them to generate moments of force around the
x-axis and y-axis. As such the active magnetic bearing can compensate moments
of force acting on the rotor.
It was previously discussed that the centre of gravity and geometric origin
are located in the centre of the rotor body. As such the moment caused by an
external force is given by
MO = r× F (3.59)
Where MO is the angular moment, r is a vector pointing from the point of
rotation to the point of force and F is the external force. Using this definition,
moments generated by the magnetic bearing elements along the x and y-axes can
be determined. The stabilizing moment about the x-axis and y-axis able to be
generated by the magnetic bearings is given by equations 3.60 and 3.62 on page
114, which can be evaluated for the BiVACOR parameters giving equations 3.61
and 3.63.
3.10.4 Complete Mathematical Model of Pump Forces
As expressed throughout this chapter, the forces and dynamics of the rotor in
the axial direction are the most critical, as the axial clearance of the rotor affects
the efficiency of each pump. The forces identified in this chapter were combined
with the moment forces identified in section 3.10.3.2 to form a complete model
of the axial dynamics. The forces on the rotor due to forces acting on it, as well
as the retarding fluid damping determined in section 3.6, can be expressed as a
the differential equation 3.65 on page 115.
3.11 Discussion
Not only did this study give a great insight into the magnitude of the forces, but
in some cases also into what parameters and operating conditions can affect the
forces. This information will be critical in determining the next prototype design
iteration. However, the modelling procedure that accompanied the experimental
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Az¨ + Bz˙ = H (3.64)m 0 00 Ixx 0
0 0 Iyy

 z¨θ¨x
θ¨y
+
bz 0 00 bxx 0
0 0 byy

 z˙θ˙x
θ˙y
 =

∑
Fz∑
Mx∑
My
 (3.65)
Where∑
Fz = −Fmb,u (zmb,u, imb,u)− Fmb,v (zmb,v, imb,v)− Fmb,w (zmb,w, imb,w)
+ FRpump (PRin, PRout,Ω) + FSF (PLout, PRout,Ω, h,Qleak)
− FLpump (PLin, PLout,Ω) + Fmotor (zmotor, Is,m)∑
Mx = 0.0174 [Fmb,v sin (1.2650 + θx)− Fmb,w sin (1.2650− θx)]∑
My = 0.0199 [Fmb,u cos (1.3039− θy)]− 0.0109 cos (1.0704 + θy) [Fmb,v + Fmb,w]
and
Fmotor (zmotor, is,m) =
6.4
(zmotor + 1)
2
(
I2s,m + 2 · 3.17Is,m cos (δ) + 3.172
)
Fmb (zmb, icoil) =
5.35zmbi
2
coil + 1.21z
2
mbicoil + 2.785i
2
coil + 12.45icoil + 104.2zmb
(0.86 + 3.7zmb + z2mb)
2
FSF (PLout,Ω, h,Qleak) = 0.1889PLout − 1.094×10−4Ω2 −Qleak
(
9.1 +
0.1328
h3
)
Qˆleak (PLout, PRout,Ω, h) =
PLout−PRout − 1.16× 10−3Ω2
178 + 2.74
h3
FLpump (PLin, PLout,Ω) = 0.0559PLin + 0.2038PLout − 2×10−4Ω2
FRpump (PRin, PRout,Ω) = 0.0207PRin + 0.05PRout − 1.13×10−5Ω2zmb,uzmb,v
zmb,w
 =
1 0 −19.21 −16.6 9.6
1 16.6 9.6

 ztan (θx)
tan (θy)

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results was quite time consuming and it could require a lot of resources to update
the mathematical models each time an element of the pump is changed. The
advantages of an accurate model of the pump as it changes will need to be ad-
dressed as the pump development progresses. However, the mathematical model
developed here is key to the design and optimisation of the levitation system
which will form the first working prototype of this device.
One of the weaker areas of this model is the equation of motor torque. Al-
though it was validated indirectly through the axial force model, direct validation
of this could be performed with the appropriate sensor.
Although this experimental and analytical investigation into the hydraulic
forces will be adequate for the purpose of this study, an accompanying Com-
putational Fluid Dynamics (CFD) investigation would give a better insight into
the pressure distributions and flow throughout the device and their effect on
the hydraulic forces. This would also identify areas of possible blood stagnation
and high shear forces which would be detrimental to the biocompatibility of the
device.
To determine additional information about the pressure distribution and to
validate any CFD simulations, an additional experimental investigation into the
pressure distributions in the pump could be beneficial. Modification to the casings
could be made to measure the pressure at particular critical points, such as a the
corner of the step face or around the journal bearing diameter.
3.12 Conclusion
In this chapter the forces acting on the rotor were analysed both analytically
and empirically. The magnitude, direction and influences on each force were
determined. Analysis of these forces and their magnitudes indicates that they can
be balanced and controlled by varying the magnetic bearing and motor forces.
This demonstrates that the levitation of the rotor is theoretically possible.
In addition to this initial analysis of the forces, mathematical models of these
forces were created. The individual mathematical models were combined to create
a single complete model of the rotor forces. These mathematical equations were
validated and fitted against experimental data. This complete model can now be
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used for the integration of the pump into a larger scale numerical model (chap-
ter 4) and for the optimisation of the magnetic levitation system configuration
(chapter 5).
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Chapter 4
Development of a Numerical
Simulation
4.1 Introduction
Numerical simulations of the cardiovascular system have been used for many
years. With the exponential rise of personal computer power, simulations such
as these have become a very powerful tool for the analysis of many different
cardiovascular scenarios. Simulation of the cardiovascular network has a number
of advantages over many in vivo and in vitro methods, such as animal models
and mock circulation loops, as they are cheaper, repeatable, less time consuming
and often can model things that are difficult with other methods. Simulation
methodologies also allow for the analysis of human cases, which would be very
difficult to achieve in vivo. However the validity of the experiment is heavily
dependent on the accuracy of the model used in the experiment and the accuracy
required by the analysis. The physiological models used to drive the simulation
are always an approximation to the physical system and when used in scenarios
outside their region of validation the simulation results can become erroneous
and incorrect. As such, in most cases simulation results should form a primer for
further in vivo and in vitro experiments.
In the case of this project the numerical simulation was designed to assist
in the development and design of the physiological control systems for the novel
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artificial heart. The numerical simulation provides the flexibility and repeatabil-
ity that is important in the initial stages of physiological control development.
Additionally, the numerical simulation was developed in parallel to the prototype
device and was used to investigate the prototype performance before the device
was completed. Once a prototype control system has been developed in the nu-
merical simulation it can move on to in vitro mock circulation loop testing and
finally in vivo animal model testing.
Although this numerical model is specifically designed for this project, the
numerical model will be used by a number of researchers within our collaborative
group. The varied background of these researchers means that the model needs
to be user friendly and easy to understand and modify. The numerical model was
implemented in SIMULINK R© (MathWorks, Inc., Natick, MA, United States)
using the ODE23s solving algorithm. Pre and Post processing of the values
and results is preformed in MATLAB R© (MathWorks, Inc. Natick, MA, United
States).
This chapter walks through the development and validation of the various
elements of the numerical simulation. The chapter is broken into two major sec-
tions, the modelling of the circulatory network and the modelling of the device.
The first step was the design and validation of a circulatory model without any
mechanical assist device. This process is outlined in section 4.2 of this chapter.
Once the circulatory model was completed a mathematical model of the BiVA-
COR device was added, section 4.3. The model can be configured such that
the BiVACOR device runs as either a BiVAD or TAH, however the analysis and
development of this particular project is focused on the TAH application. Fun-
damentally, the model is structured such that the device appears in a BiVAD
configuration. Through the modification of model parameters the ventricle ele-
ments of the model can easily be changed such that the TAH case is simulated.
As such the approach for the modelling process will be consider the device in a
BiVAD configuration.
As the modelling of cardiovascular networks is a well established field, the
description of the developed circulatory model draws continual comparison to
previously developed models as well as contrast to alternative modelling method-
ologies. In addition to the structure of the circulatory model, the parameter
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values used will be discussed and compared to published results. As the numer-
ical simulation will be used to simulate BiVAD or TAH support, discussion will
be made regarding the changes to the models parameters for healthy and heart
disease patients.
To integrate the BiVACOR pump into the circulatory system model, a model
for the pressure and flow characteristics of the device will be developed using HQ
curve data of the left and right pumps. In addition to the left and right pump
pressure and flow characteristics, this model seeks to integrate the dynamics and
forces of the device presented in chapter 3. The model derived and validated in
section 3.4, for the leakage flow between the left and right pumps will be included
in the simulation. The numerical simulation will also include the levitation sys-
tem, consisting of the magnetic bearings and motor, so the levitation performance
and power consumption can be estimated for changes in physiological operating
conditions. The force on the rotor as well as the power used by the magnetic levi-
tation and drive system will be key variables that will be used in the development
and evaluation of the physiological control system.
An overview of the numerical system is shown in figure 4.1. This diagram
shows both the circulatory system and the device. The systemic, pulmonary and
heart elements are shown in the circulatory model. The device model shows the
simulation of the inlet and outlet cannula, the levitation system and the left and
right pumps with leakage flow between them.
4.2 Modelling of the Circulatory System
Depending on the application and accuracy required, the models and equations
that drive the numerical simulation can vary significantly. Some models of the
cardiovascular system include elements such as temperature regulation, acid/base
balance and O2/CO2 balance, while many models focus solely on fluid flow
through the circulatory system. A model proposed by Asami (2005) includes
many elements in addition to the circulatory system, including nerve reflexes, gas
exchange and balance, fluid infusion and loss, renal excretion, acid/base balance,
temperature regulation, blood volume, chemical balance and pharmacology.
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Figure 4.1: Diagram of the elements of the numerical model.
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An increase in model complexity is inevitably coupled with an increase in
computational time. To model both long term system changes as well as beat-by-
beat hemodynamics Asami & Kitamura (2003) proposed macro and micro models
of various elements of the physiological system. Beat to beat hemodynamics are
modelled with the micro model with various parameters drawn from the macro
model. At a much larger time step the macro model was solved to determine the
state of the slower changing system parameters. The simulation developed for
this study will be used to analyse both acute and long term scenarios. To achieve
this effectively, manual changes to the parameters values and initial conditions
can allow for the analysis of long term effects as well as capturing acute or rapid
events.
The complexity of the model and the inclusion of various elements comes
down to the application of the model. Many studies are only concerned with
the left heart and the interaction with the systemic system. Simulations for these
applications, such as the ones proposed by Baloa et al. (2001), Vandenberghe et al.
(2006) and Pantalos et al. (2004), often neglect the pulmonary circulation as well
as the right heart and simulate the vena cava and pulmonary venous networks
as constant pressure sources. In the case of this study, the model will be used to
simulate the integration of a BiVAD or TAH into the human circulatory system
and the effect of various physiological controllers on its performance. As such the
model will be required to simulate both the pulmonary and systemic networks as
well as the left and right heart.
A schematic diagram of the circulatory model is shown in figure 4.2. The
diagram shows some of the elements and features of the model which will be
discussed in the following sections, including
• Multi-element Systemic and Pulmonary networks, section 4.2.1
• Nonlinear dynamic heart valves, section 4.2.2
• Nonlinear time varying elastance model for Ventricles, section 4.2.3
• Linear time varying elastance model for the Atrium, section 4.2.3
122
4.2 Modelling of the Circulatory System
Validation of the model was performed against normal population patient data
and specific patient hemodynamic results (waveforms). An optimisation routine
was used to determine a set of parameter values that returned desired hemody-
namics from the patient data. The optimisation and validation of the model is
discussed in section 4.2.5.
4.2.1 Modelling of Systemic and Pulmonary Systems
4.2.1.1 Model of the vascular systems
The human systemic and pulmonary systems are vast networks of arteries and
veins with varying lengths, diameters and compliances. Simplification of these
networks into concentrated or lumped parameters was first proposed by Otto
Frank in 1899 [Nichols & O’Rourke (1990)]. His proposed Windkessel model
of the systemic vascular system is still widely used today, be it in a slightly
modified or expanded forms. The Windkessel lumped parameter model describes
the vascular elements by a combination of resistance (R), compliance (C) and
inertiance (L) elements.
There are a number of variations of the Windkessel model including the two,
three, four and five element models. Each variation adding an additional lumped
parameter to the model to better describe the physiological system. Due to their
simplicity and well published parameter values, many authors including Chen
et al. (1998), Danielsen & Ottesen (2001) and Lankhaar et al. (2009) use the
Windkessel model as the afterload for their studies into numerical heart models.
The Windkessel model is typically used in single sided systemic system models,
however can be duplicated for the Pulmonary system as well.
Although, the Windkessel model is used extensively, recently many authors
have proposed more fractured multi-element models that describe each section
of the systemic and pulmonary networks more specifically. Namely, the aorta,
arterial and venous networks are each modelled individually, with a given resis-
tance, compliance and inertiance. This style of multi-element modelling of the
vascular system has been used in numerical simulations by Korakianitis & Shi
(2006a), Gaddum (2009), Cox et al. (2009) and Lim et al. (2010). This fractured
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style of modelling the systemic and pulmonary systems allows for a more accurate
description and results from each part of the network.
Each of the individual elements of the vascular system; aorta, arterial network
and venous network, contain an identical structure and only differ in their pa-
rameter values. Each of these elements is referred to as a vascular submodel and
is shown in figure 4.3. Vascular submodels are connected in series to form the
complete circulatory loop. Each vascular submodel consists of a resistance (R),
inertiance (L) and compliance (C) term as well as an external pressure element
(Pext). Applying both Kirchhoff’s voltage and current laws, the time domain
LnRn
Cn
Pext n
Vascular Sub-Model
Pn+1Pn
Qc n
QnQn-1
+
_
Figure 4.3: Diagram of individual vascular submodel. Each vascular submodel
contains a resistance (R), inertiance (L), compliance (C) and external pressure
(Pext).
equations governing the pressures and flows through the vascular sub-model can
be determined
Pn − Pn+1 = RnQn + LndQn
dt
(4.1)
Pn = Pextn +
1
C
(∫ t
0
(Qn−1 −Qn) dτ + V0
)
(4.2)
As the model is implemented in SIMULINK R© the time domain equations must
be transformed into their Laplace domain form.
Qn =
Pn − Pn+1
Ls+R
(4.3)
Pn =
Qn−1 −Qn
Cs
+
V0
C
+ Pextn (4.4)
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Equations 4.3 and 4.4 form a system of 2 equations with 2 unknown variables, Pn
and Qn. The values of Pn+1 and Qn−1 are determined from the next and previous
vascular sub-models. The solution of these systems of equations is determined at
each time step in SIMULINK R©.
Each compliance element has an associated zero-offset volume (V0). This value
represents the volume of blood in the vessel before tension is put on the vessel
walls and the pressure begins to increase (vessel volume at P = 0). Although this
value only offsets the active volume in the compliance chamber, it’s presence is
important for the distribution of the entire blood volume in the circuit. Without
this offsetting volume, the entire blood volume would be acting against the walls
of the vessels and increasing the compliance pressure.
The vascular model used in this numerical simulation has an additional pa-
rameter Pextn in series with each of the compliance elements. This pressure source
represents the transmural pressure of the vessel. In most cases the transmural
pressure will be equal to a constant value of approximately 3 mm Hg to represent
the intrathorasic pressure. These pressure sources can be individually controlled
to simulate local changes in the transmural pressures. For example the transmu-
ral pressures of the heart, aorta and pulmonary artery can change due to a chest
opening operation or the cyclic expansion of the lungs from breathing. A function
of the transmural pressure change due to the breathing has been proposed by Lim
et al. (2010) and is given below
Presp = aresp
sin
(
2pit
Tresp
)
sin
(
2pit
Tresp
)
+ bresp
+ cresp (4.5)
4.2.1.2 Values of the Systemic and Pulmonary Networks
The lumped parameters of the pulmonary and systemic systems are intended to
approximate the distributed resistance, inertiance and compliance of each vascu-
lar section. Dividing the systemic and pulmonary systems each into three vascular
sub-models, as proposed in this model, does increase the number of parameters
that must be determined for the model. Whereas simple models such as the
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three elements Windkessel model have a single compliance and peripheral resis-
tance value, the model used in this simulation has 3 resistance, 3 compliance, 3
inertiance and 3 offset volume values.
As the blood travels through the systemic and pulmonary systems, the magni-
tude of the pressure and flow pulsatility is reduced. This decreased flow pulsatility
reduces the significance of the inertiance term of the arterial and venous networks
as they are proportional to the rate of change of flow. The significance of the Ar-
terial and Venous network inertiance terms in both the systemic and pulmonary
systems are very small and in almost all cases can be ignored. It is incredibly
difficult to determine the value of these terms clinically and as such the basis for
their values would be purely theoretical or speculative. Due to its low significance
and difficultly in validation, the values for arterial and venous network inertiance
used in the model are 0.
4.2.2 Modelling of Valves
The fundamental function of the valves is to prevent the higher downstream
pressure from flowing backwards through the heart. There are four valves in the
heart, one for each chamber and although they are physically slightly different,
their behaviour and functionality are the same. As such the model of the valves
will be consistent through the heart chambers, except for a change of parameter
values, such as cross sectional area. While flow through the valve in the back-
wards direction is met with a high resistance, forward flow also experiences some
resistance due to the aperture of the valve.
The simplest model of a heart valve is the ideal boolean valve or diode resistor
valve. In this model, the valve is either open or closed and can switch between
the two states instantaneously. When the pressure on the downstream side is
higher than the upstream pressure the valve is closed and vice-versa. This style
of valve is often represented diagrammatically and numerically by a diode and
a resistor in series, shown in figure 4.4. The diode element prevents the flow of
blood in the backwards direction, while the resistor simulates the pressure drop
over the valve which is proportional to the blood flow. This model is used by
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many authors, including Drzewiecki et al. (1996), Heldt et al. (2005), Vollkron
et al. (2002) and Pennati et al. (1997) and is very easy to implement.
Figure 4.4: Diode model of a heart value.
Although the simple diode model captures the fundamental operation of the
valve, in reality they operate in a more complex manner. Real heart valves are
constructed from a number leaflets which are attached to the valve annulus. These
leaflets are able to come together and occlude the valve area or can be pushed
to the side to allow for blood flow. To encompass the dynamic and transient
behaviour of the valves, Korakianitis & Shi (2006c) modelled the angle of the
leaflets as a dynamic system. A cross sectional diagram of the valve leaflets is
shown in figure 4.5.
θ
P2P1
Flow
Figure 4.5: Dynamic model of the valve.
A pressure difference on either side of the valve leaflet will result in a force on
the leaflet proportional to the exposed area of the leaflet. The force on the leaflet
will produce a damped acceleration of the valve leaflets. This dynamic system is
described by the differential equation 4.6.
kvalve,1
d2θ
dt2
+ kvalve,2
dθ
dt
= (P2 − P1)A cos (θ) (4.6)
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Where kvalve,1 and kvalve,2 are the moment of inertia and damping coefficient re-
spectively. The angle of the valve leaflets can then be used to determine the
cross-sectional area of the flow orifice. The cross sectional area determined by
the dynamics equation is first normalised to determine the relative opening fac-
tion and then multiplied by the full valve area.
avalve (θ) = Avalve,max
sin (θ)
sin (θmax)
(4.7)
The size of the valve, Avalve,max is determined from clinical data. Table 4.1
shows clinical data retrieved from Anderson (2000) and Capps et al. (2000) of
human valve sizes. The valve sizes used in this simulation are taken as the mean
of the healthy valve range.
Tricuspid Pulmonary Mitral Aortic
Area Range (cm2) 4-6 4.5-6.3 > 7 3.7-5.4
Value Used (cm2) 5 5.3 7.5 5
Table 4.1: Ranges of normal heart valve sizes and the values used in the numerical
simulation.
The flow through the valve is also an area which deserves close inspection.
Normal laminar flow of blood through a cylindrical channel, such as the veins
and arteries, results in a linear relationship between the pressure drop and flow.
However when the blood is ejected through an orifice its behaviour is best de-
scribed by using Bernoulli’s principle [Sun et al. (1995), Grimes et al. (1995)].
Applying Bernoulli’s principle maintains the conservation of fluid energy before
and after the orifice. In addition, the inertiance of the fluid is included in the
equation to account for the acceleration and deceleration of the fluid. The pres-
sure drop over the valve is described by equation 4.8.
P2 − P1 = bq |q|+ Ldq
dt
(4.8)
Multiplication of q by |q| allows for bi-directional flow. Bernoulli’s resistance term
b is given by
b =
ρ
2 · 1333K2valvea2valve
(4.9)
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Where Kvalve is the discharge coefficient and avalve is the valve cross-sectional area
defined by equation 4.7. For small values of avalve, the resistance is very large as
expected for a closed valve.
One of the reasons that modelling the valves in this manner is much more
realistic then the simpler diode and resistor model is the valve regurgitation. In
an ideal valve the leaflets can close in an immeasurable time and when closed
form a perfect occlusion. However in practice, some level of valve regurgitation
is a normal occurrence is all patients. According to Anderson (2000), Aortic
valve regurgitation less than 30 ml is considered as mild. As valve regurgitation
is often a precursor to, or is associated with heart disease modelling various level
of regurgitation severity is an important feature of the model.
Valve regurgitation can occur in two ways, namely; when the fluid can flow in
the reverse direction while the valves are in the process of closing and when the
valve leaflets do not occlude the valve orifice perfectly. Both of these scenarios are
accounted for in the dynamic model proposed for this numerical simulation. The
damping and inertial effects present in equation 4.6 reduce the speed in which the
valve closes allowing for fluid flow to reverse. Additionally, a parameter θmin is
used to restrict the minimum closing angle of the valve, potentially leaving a small
orifice for reverse flow while the valve is closed. Different levels of regurgitation
and the movement of the valve can be simulated by adjusting the parameters
θmin, kvalve,1 and kvalve,2.
Figure 4.6 shows a comparison between the ideal diode and resistor valve
model and the dynamic valve model. From top to bottom the plots display the
aortic valve flow velocity and ventricular volume respectively. At the closing
of the valve it is easy to see a significant reversal of flow through the dynamic
valve due to the finite closing time. This event is also shown in the bottom plot
displaying the ventricle volume, with the ventricular volume increasing slightly
at the closing of the valve indicating reverse flow back into the ventricle. Steady
state regurgitant flow through the valve can be seen in the top plot with a small
negative flow in the diastole period. Due to the steady state regurgitant flow, the
volume of the ventricle is increased by approximately 5 ml in comparison to the
ideal valve case with no leakage. Atrial contraction occurs immediately prior to
ventricular contraction and can be seen in figure 4.6 at 0.1 sec. In the case of the
130
4.2 Modelling of the Circulatory System
0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
−0.2
0
0.2
0.4
0.6
0.8
1
1.2
Time (sec)
Fl
ow
 V
el
oc
ity
 (m
/se
c)
Comparison of Ideal and Dynamic Valves
Flow and Volume
 
 
0 0.1 0.2 0.3 0.4 0.5 0.6 0.7
0
50
100
150
Time (sec)
V
ol
um
e 
(m
l)
 
 
Ideal Valve
Dynamic Valve
Ideal Valve
Dynamic Valve
Figure 4.6: Comparison between idea and dynamic valves; Top: Aortic valve flow
velocity, Bottom: Ventricular volume.
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ideal valves, the ventricular volume increased by approximately 7 ml. However
in the case of the dynamic valves, this increased volume due to the atrial kick is
lost almost immediately due to the leakage through the Mitral valve as it closes.
Modelling the leaflet movement as a dynamic system with flow prescribed by
Bernoulli’s principle give an accurate model of the valves of the heart. The dy-
namic valve has been shown to accurately model complex events such as valve
regurgitation. Control of the dynamics and closing aperture allows for the simu-
lation of many different valve states and scenarios.
4.2.3 Modelling of Ventricles and Atrium
A number of models of the ventricles and atria of the heart have been proposed to
be used in numerical simulations. A time varying elastance function was proposed
by Suga (1971) to characterize the left ventricular pressure/volume relationship.
Further work in the 1970’s by Suga and Sagawa (Suga et al. (1973), Suga &
Sagawa (1974) and Suga et al. (1976)), demonstrated that the end-systolic left
ventricular pressure/volume ratio, Emax, in isolated dog hearts was independent
of preload, afterload and heart rate. The majority of our current understanding
of the time-varying nature of pressure and volume in a ventricle can be traced
back to this pioneering work by Suga and Sagawa [Cassidy (2000)].
This independence to preload and afterload proved Emax to be a good repre-
sentation of the heart’s contractile state. Figure 4.7 demonstrates how changes
in preload (end-diastolic volume) and afterload will result in variations of end-
systolic volume and pressure, but not their ratio Emax [Baloa et al. (2001)]. Ad-
ditionally, figure 4.7 shows the non-linear diastolic elastance relationship which
describes the diastolic pressure for a given filling volume.
Using the independence of Emax as a basis, the entire cardiac cycle can be
modelled by varying the elastance of the ventricle between diastolic, Ed and
systolic Emax levels. The pressure of the ventricle can then be determined by the
relationship
P (t) = E (t) (V (t)− V0) (4.10)
132
4.2 Modelling of the Circulatory System
0 20 40 60 80 100 120 140 160
0
50
100
150
LV
 P
re
ss
ur
e 
(m
mH
g)
Volume (ml)
E
max
End Systolic Relationship with Varying Preload
Figure 4.7: Demonstration of the independence of EES to preload changes.
This time-varying elastance model is one of the most embraced mathematical
descriptions of the pumping ventricle and is used in a large number of cardio-
vascular models [Danielsen & Ottesen (2001), Stergiopulos et al. (1996), Asami
(2005), Brandis (1997), Ha et al. (2005), Heldt et al. (2002), Wangyi et al. (1999),
et al.].
The independence of the heart elastance function to preload and afterload
allows for the mechanical contraction of the heart to be reduced to three factors,
namely
• Preload PED or VED - Clinically this is described as the atrial pressure or
end diastolic ventricular volume. The preload is a measure of the filling
volume and pressure of the ventricle (or atrium) before contraction.
• Afterload Ea - The afterload is the impedance which the heart needs to expel
blood against. The afterload is primarily a measure of the flow resistance;
however both the compliance and inertiance of the afterload can have a big
effect on the resultant systolic pressure and stroke volume.
• Elasticity E (t) - The elastance of the heart is a measure of the pressure
generated by the heart for a given volume. The elastance of the heart
varies throughout the heart beat from the relaxed diastolic phase to the
contractive systolic phase.
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Although the Time-Varying Elastance Model is widely acknowledged as the
standard method for describing the contractile nature of the heart, many authors
have sort to build on the basic model. Suga himself expanded on his initial model
of Emax to incorporate the Pressure Volume Area, Ventricular O2 Consumption
and Ca2+ Handling [Suga (1990), Suga (2003)]. Beyar & Sideman (1984) inte-
grated the force-velocity-length relationship of the heart muscles into the model
of contraction to better describe the heart’s mechanics on a micro scale. Later,
Beyar & Sideman (1990) incorporated local O2 consumption as a linear relation
to the stress length area along the direction of the muscle fibers. Guccione et al.
(1995) used a finite element model of the heart muscle to accurately model the
contraction process, however it is unable to be easily implemented into a numer-
ical simulation due to its complexity.
The experimental results shown by many authors describe the elastance rela-
tionship of the ventricles and atria as linear over a wide operation region. How-
ever, it has been established, particularly in diastole, that the elastance function is
nonlinear for higher volumes. In diastole this nonlinearity is of particular interest
as is has a significant bearing on the Frank-Starling nature of the heart.
There are some concerns by Vandenberghe et al. (2006) that the elastance
model does not accurately represent the interaction between the VAD and the
left ventricle. However the time varying elastance model is used in simulations
with VADs by many authors including, Cox et al. (2009), Shi et al. (2007), Lazzari
et al. (2000) and Vollkron et al. (2002) and in the case of Lim et al. (2010) the
numerical model has been validated against an animal model with VAD support.
However, future work should investigate the VAD/heart interactions and identify
areas of the model that could be improved to better describe this relationship.
4.2.3.1 Time Varying Elastance Model
At the heart of the time varying elastance model is the elastance function. The
elastance function describes the elastance of the heart muscle at all points along
the cardiac cycle. Many authors have proposed different shapes and equations
for the elastance function. Elastance functions are typically defined in terms of
an activation function e (t), a maximum systolic elastance Emax, and a diastolic
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elastance EED. The activation function, which drives the elastance function,
provides a smooth transition between the systolic and diastolic elastance values.
The standard form of the elastance function is shown below
E (t) = Emaxe (t) + EED (1− e (t)) (4.11)
The activation function is traditionally normalised such that it peaks at the
valve 1 in systole and has a value of 0 through diastole. The elastance function
given by 4.11 shows the systolic peak is produced by multiplication of Emax by the
activation function, while the unity inverse of the activation function is multiplied
by the diastolic elastance value. There are many different activation functions
proposed by authors (Danielsen & Ottesen (2001), Ha et al. (2005), Heldt et al.
(2002), Lankhaar et al. (2009) and Lim et al. (2010)) which are defined in terms
of different mathematical constructs such as exponential functions, trigonometric
functions, polynomials and Taylor series. The activation function proposed by
Korakianitis & Shi (2006b) is used in this numerical simulation and is described
by equation 4.12 and is shown in figure 4.8.
e (t) =

1
2
(
1− cos
(
t
Ts1
pi
))
0 ≤ t < Ts1
1
2
(
1 + cos
(
t−Ts1
Ts2−Ts1pi
))
Ts1 ≤ t < Ts2
0 Ts2 ≤ t < T
(4.12)
Immediately prior to ventricular contraction, atrial contraction occurs for a
final ejection of blood into the ventricles. The atrial contraction is modelled in an
identical fashion to the ventricles with the time varying elastance function and a
systolic Emax and diastolic EED elastance value. The activation function for the
atrial contraction is shown in figure 4.8. The elastance model is valid for both
the left and right ventricles and atria, and is implemented identically, except for
a difference in parameter values.
Another important result shown by Suga et al. (1973), was that the time to
peak systole pressure is dependent on heart rate not afterload or preload. As
such, simulation of a change in heart rate can be accommodated in the model by
scaling the time axis of the activation function.
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Figure 4.8: Activation function used in the ventricle and atrium elastance model.
Nonlinear Systolic Elastance
As stated by Beyar & Sideman (1990), the linear end-systolic pressure relationship
does not hold for higher filling volumes. This nonlinear end-systolic relationship
is identified in figure 4.9 from Guyton & Hall (2006).
To account for this in the numerical model, Sun et al. (1995) proposed the
use of the nonlinear scaling factor F defined as
F = 1− VED
VNL,max
The value of VNL,max does not have any physical representation of the maximum
heart volume and is selected to give an appropriate roll off of systolic pressure
for higher volumes. Sun et al. (1995) suggested a value of VNL,max = 900 ml.
For low end-diastolic volumes the value of F is close to 1, however with higher
filling volumes the value of F starts to decrease. Although this scaling factor was
effective, a modified version of the formula was used in this numerical simulation
F = 1−
(
VED
VNL,max
)2
(4.13)
The squared term improved the end-systolic relationship in comparison to the
target response displayed in figure 4.9. A comparison between the end-systolic
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Figure 4.9: Pressure-Volume diagram displaying the end-systolic and end-
diastolic relationships. For lower filling volumes the end-systolic relationship in
linear, however it tappers off at higher volumes. Source Guyton & Hall (2006).
pressure volume relationship (ESPVR) with and without the scaling factor F is
shown in figure 4.10.
4.2.3.2 Diastolic Elastance
Compared to the high elastance properties of the ventricle in systole, the ventricle
wall is much more compliant in the diastolic phase of the heart beat. As described
by Brandis (1997), for normal filling volumes the relationship between diastolic
pressure and volume in the ventricle is approximately linear. This linear region of
the diastolic pressure-volume relationship is often used to describe the constant
elastance model for numerical simulations. However, as the volume increases
the pressure begins to exponentially rise making it increasingly harder for the
ventricle to fill from the atrium. Many authors including, Zipes et al. (2005) and
Cassidy (2000), state that this nonlinear diastolic elastance of the ventricle is best
described as an exponential function. The diastolic function proposed by Zipes
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et al. (2005) is given by equation 4.14 and is also used in the numerical model.
PLV,dia = Pintere
κ(V−V0) + Pasym (4.14)
Where Pinter is the intercept, Pasym is the asymptotic pressure, V0 is the offset
volume and κ is the slope of the pressure-volume relationship. The value of κ can
be estimated from clinical data using the formula
κ =
dP
dt
1
P − Pasym (4.15)
Zipes et al. (2005) reports that the value of κ is normally 0.05 ml−1, but can
range between 0.01 ml−1 to 0.09 ml−1. It has been shown clinically that many
conditions such as aortic valve stenosis, aortic regurgitation and hypertrophic
cardiomyopathy can change the value of κ and Pasym.
4.2.3.3 Nonlinear Elastance Function
Incorporation of both the diastolic pressure volume relationship and the systolic
scaling factor F , requires a modification of the standard elastance function given
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in equation 4.11.
P (t) = e (t)EmaxF (VED) (V − V0) + (1− e (t))Pintereκ(V−V0) + Pasym (4.16)
Where F is given by equation 4.13.
4.2.4 Modelling of Heart Disease
There are many forms of heart disease, the manifestation of which can be quite
varied. According to Cox et al. (2009) left ventricular dilated cardiomyopathy is
most commonly associated with long term MCS. As such, both left and biventric-
ular dilated cardiomyopathy will be the primary heart failure conditions that will
be employed when investigating the MCS devices with the numerical simulation.
However, the flexibility to simulate a wide variety of heart failure conditions is
advantageous to the wider research group that uses the simulation.
The literature review at the start of this report discusses that many forms of
heart disease can be characterised by systolic and diastolic ventricular dysfunc-
tion. To simulate a wide variety of heart failure conditions, systemic and diastolic
dysfunction as well as valve defects can be applied to the healthy model. This
section will discuss how each of these conditions are implemented in the model.
4.2.4.1 Modelling of Systolic Ventricular Dysfunction
The literature review identified that systolic ventricular dysfunction is primarily
characterised by a decrease in heart contractility. This decrease can be caused
by, or will lead to an increase in the preload and afterload as shown in the flow
diagram in figure 2.10. Modification of the systolic contractile properties of the
heart can be modelled with a change to the systolic elastance value (Emax). In
response to the decrease in mean arterial pressure caused by the lower ventricle
contractility, the RAA and sympathetic nervous response will increase systemic
vascular resistance, leading to an increase of both preload and afterload. The
increase in afterload will have a negative effect on the cardiac output and although
the increase in preload will help cardiac output, it can lead to a pulmonary edema
[Cox et al. (2009)].
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The severity of the impaired contractility and can vary significantly from case
to case and can also change depending on the clinical treatments. As such, access
to HF patients Emax values is quite limited and there is no strictly normal value
of elastance for a systolic heart failure case. However, as an indication Alpert
et al. (2005) published a elastance of Emax = 1.01 for a male with Nonobstructive
Cardiomyopathy. He also reported values of Emax = 1.21 and Emax = 1.27 for
25% and 50% exercise intensity respectively.
Due to the ambiguity of precise parameter values under systolic dysfunction
conditions, a more appropriate indicator of the heart disease model would be the
resulting hemodynamics. Table 2.1 in the literature review shows a set of heart
failure patient hemodynamics. These target hemodynamics will be used when
selecting values of Emax and SVR to simulate systolic ventricular dysfunction.
In response to a decrease in blood pressure, the RAA system will increase the
fluid volume in the system to attempt to restore a normal hemodynamic level.
However, this response to a change in the physiological system is typically very
slow and could be seen as a long term response to the changes in the system’s
physiology. As such, the renal response to a system experiencing heart failure
should be considered when simulating that case; however its real-time response
is too slow to be captured in the transient simulations of the model.
The changes due to systolic ventricular dysfunction are summarised in table
4.2.
Model Changes
Condition EES,LV SVR EES,RV PVR Vtotal
Left Ventricular Systolic Dysfunction ↓ ↑ – – ↑
Biventricular Systolic Dysfunction ↓ ↑ ↓ ↑ ↑
Table 4.2: Summary of changes to the model parameters to simulate both left
and biventricular systolic dysfunction.
4.2.4.2 Modelling of Diastolic Ventricular Dysfunction
Diastolic ventricular dysfunction is often present in end stage heart failure. This
condition is often present in addition to systolic ventricular dysfunction. The
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dilation of the heart and abnormal diastolic filling are an important elements to
include in heart failure simulations.
Changes to the diastolic filling relationship can be made by altering the pa-
rameters κ and V0 which control the gradient of the diastolic pressure-volume
function.
4.2.4.3 Modelling of Valve Defects
The model of the valves used in this simulation has been outlined in section 4.2.2
of this chapter. The model used includes the leaflet transient dynamics, closing
geometry and valve area. These elements make it very easy to implement valve
defects in the simulation. Valve stenosis can be modelled with a decrease in the
overall valve area, while valve regurgitation can be modelled by increasing the
minimum closing angle of the leaflets.
In addition to the changes to the physical valve dynamics, the longer term
effects of valve regurgitation include changes to the diastolic characteristics of
the ventricle. Zipes et al. (2005) states that patients with long term aortic valve
regurgitation have a lower gradient of the diastolic pressure volume relationship
and quotes values of κ > 0.09 for this condition. Leung et al. (2003) quotes a
value of Emax = 1.46 ± 0.99 for 8 patients with severe Mitral valve regurgita-
tion without coronary artery disease, which is below the typical value of healthy
patients. However, the effect of the valve regurgitation on the ejection of the
ventricle would significantly reduce the observed systolic elastance, Emax, even
if it was at a normal value. The changes to the simulation parameters for these
conditions is summarised in table 4.3
Model Changes
Condition θmin Area κ
Valve Stenosis – ↓ ↓
Valve Regurgitation ↑ – –
Table 4.3: Summary of changes to the model parameters to simulate valve stenosis
and regurgitation.
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4.2.5 Optimisation and Validation of the Circulatory Model
Parameters
Validation of a human circulatory simulation can be a difficult task. Access
to patient data is often sporadic and incomplete. For example, access to left
ventricular PV catheter information from one patient group may not also have
other pressure, flow or volume information for other parts of the body. To avoid
validating half of the model’s parameters against one small patient data set and
using another data set for other half, the numerical model was validated against
large average population patient values.
The model will be initially validated against healthy hemodynamics. Once
the model has been shown to accurately model the healthy circulatory system,
the parameter values will be modified in accordance to the discussion in 4.2.4 and
the results will be compared to the target heart failure hemodynamics in table
2.1.
There are many parameters which are used in the model and each can have a
significant bearing on the model output. Manual tuning of the parameter values
is often time consuming and erroneous. As such, an optimisation method was
used to fine tune some of the parameter values. The success of any optimisation
routine is at the mercy of its initial conditions. This project used a number of
techniques to determine the values of many parameters as well as appropriate
initial conditions for the optimised parameters.
The validation and optimisation process performed on the simulation can be
summarised in the following steps
1. Define the target hemodynamics; section 4.2.5.1.
2. Calculate a number of ‘fixed’ parameters from the target hemodynamics
values.
3. Determine the remaining parameter values from a literature search.
4. Identify important parameters.
5. Run the optimisation routine to refine the important parameter values.
These steps are described in the following sections 4.2.5.1 to 4.2.5.4.
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4.2.5.1 Definition of Target Hemodynamics
Although there are large amounts of hemodynamic data available, the population
demographics and size can change the survey outcomes. Large population surveys
from Zipes et al. (2005) were used to determine the target hemodynamics. The
healthy simulation was based on a male adult with a BSA of 1.8 m2. A selection
of the target healthy hemodynamics used in this project are displayed in table
4.4 while the full table, with comparison to the simulation values, is presented
later this chapter in table 4.7.
Parameter Value
Heart rate 70 beats/min
Systolic time 0.2 sec
Diastolic time 0.66 sec
End-systolic ventricular volume 55 ml
End-diastolic ventricular volume 135 ml
Stroke Volume 80 ml
Ejection Fraction 59 %
Cardiac Output 5.6 l/min
Peak-systolic aortic pressure 125 mm Hg
End-systolic aortic pressure 115 mm Hg
End-diastolic aortic pressure 75 mm Hg
Mean aortic pressure 95 mm Hg
Central Venous Pressure 5 mm Hg
Table 4.4: Table of the target hemodynamics. The hemodynamic results are
indicative of a healthy male of BSA of 1.8 m2. Source Zipes et al. (2005)
4.2.5.2 Calculation of theoretical parameter values
A few of the parameter values used in the simulation can be determined theoret-
ically from the target hemodynamics. In particular the resistance and effective
arterial elastance of the systemic system are very critical parameters in the sim-
ulation and as such are calculated theoretically. These calculations are outlined
in appendix D and are summarised below in table 4.5.
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Parameter Value
RSV R 1285 dyn · s · cm−5
Cart 0.96 ml mm Hg
−1
Table 4.5: Table of the calculated circulatory parameters based on the target
hemodynamics.
4.2.5.3 Literature Review Model Values
Only a few of the parameter values of the circulatory simulation can be deter-
mined theoretically. A thorough literature review of the published model values
can give a good insight into the appropriate values for the remaining parameters.
Although there is a large amount of published literature discussing numerical
models, only a few contain details of the parameter values. Additionally, many
models presented do not have a similar structure and therefore their values cannot
be directly transferred.
Ventricle Elastance
The value of the left ventricle systolic elastance is a very critical value in the
simulation. Although clinically systolic elastance is a great index of the heart’s
contractility, it can only be obtained using complex procedures with a pressure-
volume catheter in conjunction with an change in either preload or afterload
[Bauer et al. (2002)]. As such, there is only limited published results of healthy
and diseased systolic elastance.
Many authors have proposed a range of different values for this parameter, a
summary of which is presented in table 4.6. Most of the published values were
between 2 and 3, however a number of authors had higher and lower values.
Values of measured patient systolic elastance was presented by Karamanoglu &
Kovacs (2002) and Bauer et al. (2002) of 2.67 and 2.71 respectively. This patient
population data is the best indication of the correct value of elastance. Based on
these results, a value of 2.7 was used in the numerical simulation.
Systemic and Pulmonary Values
Many of the values in the model are well known and published results, such as
total systemic and pulmonary resistance, however some are more obscure and dif-
ficult to measure empirically. Some authors have determined specific parameters
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Left Ventricle
Source Systolic Elastance Comments
Karamanoglu & Kovacs (2002) 2.67 ± 1.32 Patient data.
Bauer et al. (2002) 2.71 Patient data.
Baloa et al. (2001) 2.14
Shi & Korakianitis (2006) 2.5
Danielsen & Ottesen (2001) 1.6 Non-linear Pressure function
Beyar & Sideman (1984) 4
Sun et al. (1995) 4-6
Stergiopulos et al. (1996) 2.31
Urzua et al. (1998) 1.15
Lim et al. (2010) 3.54
Right Ventricle
Source Systolic Elastance Comments
Shi & Korakianitis (2006) 1.15
Lim et al. (2010) 1.75
Table 4.6: Summary of published left ventricular elastance values.
of their models from invasive measurements of animal models; however values for
the simulation of humans are typically determined indirectly. Some parameters
such as the aortic and arterial compliance can be estimated by observing patient
pressure waveforms and inferring an approximate value [Urzua et al. (1998)].
Table D.2 in appendix D shows a review of the parameters used by a number
of authors. Often the structure of the model differs to the one proposed for this
simulation and consequently the values for some elements may be missing.
The published results in table D.2 were used initially as a starting point when
building the numerical simulation. Once the numerical simulation was developed
and working an optimisation algorithm was used to determine a set of values that
best represented the target human hemodynamics.
4.2.5.4 Optimisation Routine
Optimisation of complex nonlinear systems such as the circulatory model is not an
easy task. Lim et al. (2010) used a weighted least-squares optimisation technique
to match the model output to waveform data collected from an animal trial.
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The proposed optimisation technique produced model results that were highly
correlated to the recorded animal trial data. However, the limited access to
complete data sets made this method less attractive for this project. Instead a
simpler derivative free, ‘brute force’ method was used that sequentially checked
different combinations of parameter values.
Only a small set of the model parameters were chosen to be optimised. These
parameters were given a range of values of which they could take, usually centred
around an initial best guess value. Each unique combination of the variables and
their values was then sequentially run in the model. The number of combinations
that were attempted increased exponentially with each additional variable value.
This algorithm was run on a spare machine (Intel 2.2Ghz dual core CPU, 2Gb
RAM) and as such computational inefficiencies and the time taken to complete
the routine were not major factors. The simplicity of the method allowed for the
implementation and testing of the optimisation algorithm to occur quickly.
Upon the completion of each simulation, the algorithm would determine how
appropriate the variable combination was by comparing the output hemodynam-
ics against a set of criteria set by the user. The criteria included simple com-
parisons such as single sided (Psys,vein < 8 mm Hg) and double sided comparisons
(70 < Paorta,ED < 85 mm Hg) as well as more complicated shape based criteria to
reject variable sets that caused unwanted oscillation (number of turning points
in LV systolic pressure=1). However, there may be many variable combinations
that satisfy the criteria. As such, hemodynamic plots of the ‘satisfactory’ vari-
able combinations are saved and are reviewed by the user to determine the model
with the best results. Without access to exact volume and flow waveforms the
quasi-automated method proposed here was a viable method of determining the
set of parameters which satisfied the patient population data. With a tight cri-
teria the number of satisfactory variable combinations was low and the manual
review stage was not difficult or time consuming.
4.2.6 Results
The parameters which were determined for the healthy and heart failure models
are displayed in section D.2 of appendix D.
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Figure 4.11 shows the output of the simulation for both the healthy and left
ventricular heart failure models. Plots (a), (c) and (e) show the system pressures,
cardiac output, ventricle volumes and PV loops for the healthy system. While
(b), (d) and (f) show the same results for the Heart Failure simulation. Table
4.7 gives an in depth comparison between the healthy simulation model and the
target hemodynamics which were the subject of the optimisation routine.
It is clear from both figure 4.11 and table 4.7 that the simulation very ac-
curately recreates the target healthy hemodynamics. The optimisation routine
performed well and returned a set of parameters which correlated well with pre-
viously published values. Modelling of the healthy system without mechanical
assistance first confirmed that the simulation method and algorithm worked well.
The pressure and flow profiles produced by the simulation are consistent with
published data.
Modification of the healthy model to simulate heart failure produced results
consistent with table 2.1. In this model the mean aortic pressure was reduced
to approximately 65 mm Hg and the cardiac output was reduced to 3 L min−1.
These heart failure parameter values will be used when the BiVACOR device is
integrated into the model.
4.3 Modelling of the Device
To determine the performance of the device and its interaction with the human
circulatory system, the mathematical model of the BiVACOR device will be inte-
grated into the numerical simulation presented in the previous section. Numerical
models have been used increasingly as tools for the analysis of VAD and MCS
interaction and physiological control systems. The addition of both continuous
flow and pulsatile VADs into the numerical circulatory models has been demon-
strated by a number of authors including, Lim et al. (2010), Shi et al. (2007) and
Cox et al. (2009).
Implementation of the device will include a number of elements, namely;
• Cannula to connect the pump to the circulatory system.
• A model of the hydraulic performance of both the left and right pumps.
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Figure 4.11: Results from numerical simulation of cardiovascular system: Healthy
model; (a) Systemic pressures, (c) cardiac output and LV volume, (e) PV loops.
LV Heart failure; (b) Systemic pressures,(d) cardiac output and LV volume, (f)
PV loops.
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Value Units Mean Range Model
System
Heart Rate beats sec−1 70 60-100 70
Cardiac Output l min−1 5.6 4–7 5.4
Left Heart
Left Atrium
a wave mm Hg 10 4–16 9
v wave mm Hg 11 6–21 11
mean mm Hg 8 2–12 8
Left Ventricle
peak systolic P mm Hg 125 90–140 121
end-diastolic P mm Hg 8 4–12 9
end-systolic V ml 55 5–12 54
end-diastolic V ml 135 5–12 138
Ejection Fraction % 59 50–65 60
Central Aorta
P Peak systolic mm Hg 125 90–140 121
P end-systolic mm Hg 115 80–130 116
P end-diastolic mm Hg 75 60–90 77
P mean mm Hg 95 70–105 97
Systemic System
SVR dyne · sec · cm−5 1200 700–1600 1285
Right Heart
Right Atrium
a wave mm Hg 6 2–8 8
v wave mm Hg 5 2–8 9
Right Ventricle
peak systolic mm Hg 25 15–30 27
end-diastolic mm Hg 4 1–7 3
Pulmonary Artery
peak systolic mm Hg 25 15–30 26
end-diastolic mm Hg 9 4–12 8
mean mm Hg 15 9–19 17
Pulmonary System
PVR dyne · sec · cm−5 160 100–300 140
Table 4.7: Comparison between healthy patient hemodynamics and the model.
Source Zipes et al. (2005).
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• Leakage flow between the two impellers.
• Calculation of the hydraulic forces acting on the rotor.
• Calculation of the motor torque and motor electrical input power.
• Simulation of the magnetic bearing forces and motor forces.
• Simulation of the magnetic levitation controller.
• Simulation of any physiological controllers.
Many of these elements and their associated mathematical models have been
discussed in chapter 3 of this thesis. This section will detail the modelling of the
other elements of the device numerical model before presenting some results of
the simulation.
4.3.1 Modelling of Cannula
Cannula are tubes used to draw the blood from the heart and return it to the
body. The effect of the cannula can be very significant on the performance of
the device. In addition to simply drawing the blood from the heart chambers,
the cannula should be designed and installed in such a way that suction events
between the cannula and the vessels will be minimised, often by the inclusion
of side ports or a cage to prevent complete occlusion of the inlet. Likewise the
supply of blood to the Aorta or pulmonary artery should be done such that the
blood is distributed uniformly and areas of low or negative pressure resulting
from the cannula outflow should not be created.
The outflow cannula for the BiVACOR has not been determined specifically
and is the topic of current research within the BiVACOR group. However it is
expected that the natural ventricles would be removed and the device would be
attached directly to the atria using a cuff or appropriate prosthesis. Outflow
grafts or cannulas would be used to connect the outflow of the device to the
Pulmonary Artery and Aortic vessels. To connect the device to the MCL for
testing inflow cannulas were used. Where possible the length and diameter of
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these cannula were selected to reduce the resistance drop. However there were
measurable resistance drops due to this configuration.
To model the outflow graft/cannula, as well as account for the connection
losses in the MCL environment, an analytical model of typical cannula was created
and validated. To achieve this the shaft driven BiVACOR prototype described in
section 2.5.6 was placed in the MCL described in 2.5.7. As the specific cannula
that will be used in the BiVCOR pump was not yet determined, a circular tube of
constant diameter was used. The BiVACOR prototype was run under a number
of conditions producing a wide range of cannula flows. Pressure sensors placed
at the inlet and outlets of the four cannulas measured the pressure drop due to
the fluid flow. The results of this experiment are shown in figure 4.12.
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Figure 4.12: Pressure drop due to fluid flow through pump cannula.
It is evident from figure 4.12 that the relationship between the pressure drop
and the flow is not linear. This indicates that the fluid flow is turbulent instead
of laminar. The Reynolds number can be used to determine the nature of the
cannula flow. Analysis of the annulus flow through the journal bearing was pre-
viously discussed in section 3.4 and Appendix A, however the circular cannula
make the analysis in this case simpler. The Reynolds number for this system can
be determined by the formula
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Re =
ρsDcannula
ηAcannula
(4.17)
Where ρ is the fluid density, η is the viscosity, DH is the cannula diameter, A
is the cannula cross-sectional area and s is the volumetric fluid flow in m3 s−1. As
the fluid flow can vary depending on the pump operating condition the Reynolds
number can also vary. Figure 4.13 shows the change of Reynolds number for a
given range of flows. For flows below 3 l min−1 the flow should be laminar, however
above 3 l min−1 the fluid would begin to transition to turbulent flow. However,
the Reynolds number does not provide a definite rule for the fluid behaviour
and other factors can affect the fluid flow. The mock circulation loop which was
used to test the cannula used a brass elbow section to connect the cannula to
the ventricle. As such at least at the beginning of the tube the flow would be
undeveloped regardless of flow rate. The nonlinear nature of the pressure-flow
relationship shown in figure 4.12 suggests that the flow is indeed non-laminar.
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Figure 4.13: The Reynolds number for straight circular cannula with varying
flow.
The pressure drop over the length of cannula can be determined using the
Darcy-Weisbach equation. This equation was previously used to determine the
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pressure drop due to leakage flow in section 3.4 of this report. It is shown below
in equation 4.18
∆Pcannula = λcannula · Lcannula
Dcannula
· ρs
2
2A2cannula
αP (4.18)
Where αP is a factor to convert SI units Pa to mm Hg, L is the length of the
cannula, DH is the circumference of the cannula, ρ is the fluid density, s is the
volumetric fluid flow (m3 s−1) and λ is the Darcy Friction factor. Unlike the
laminar case, the Darcy Friction factor for turbulent flow does not have a closed
form solution. The Colebrook equation, shown below, can be solved for the
unknown Darcy Friction factor λ.
1√
λ
= −2 log10
(
ε0.27
Dh
+
2.51
Re
√
λ
)
(4.19)
The solution of the Colebrook equation was performed in MATLAB R© (Math-
Works, Natick, MA, United States) using the Optimisation toolbox. A com-
parison between the theoretical and measured pressure drop is shown in figure
4.14. It is clear that the theoretical turbulent model was a very good fit for the
observed data. The pipe roughness, ε, was adjusted to 1×10−4 m to slightly
improve the model’s fit. It must be noted that the cannula pipes used to connect
the BiVACOR prototype to the MCL were very long due to the geometry of the
MCL. In an implantable system the resistance would be significantly less due to
the shorter length and possibly larger diameter.
As the Darcy Friction factor is implicitly defined by equation 4.19 it cannot
be directly implemented into the numerical simulation. The values of λ and
consequently ∆Pcannula are calculated for a wide range of cannula flows prior to the
simulation starting. The resulting pressure-flow relationship is then implemented
in a lookup table in the numerical model. The theoretical equation can be used
to determine the pressure drop for any cannula geometry.
4.3.2 Modelling of Pump Hydraulic Characteristics
The pressure and flow characteristics of the two centrifugal pumps are imple-
mented in the numerical simulation using their experimental pump curves (HQ
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Figure 4.14: Comparison between laminar flow and turbulent flow models and
the measured pressure drop.
curve). A number of authors including Vollkron et al. (2002), Gaddum (2007)
and Griffith et al. (2001) have characterised the pressure-flow relationship using
various fitted functions and have implemented these fitted function into their
numerical model. The HQ curve of normal fixed position centrifugal pumps is
dependent on the rotational speed. However, the BiVACOR pump utilizes the
change in hydraulic performance due to the axial clearance above the impeller
blades to balance the outflow of each pump. As such the HQ curves for the left
pump and right pump are dependent on both the rotor speed and axial position.
This makes fitting functions to the pump performance more difficult and prone
to fitting error. As such the HQ data was inputted into a series of look up ta-
bles in the numerical simulation. The numerical simulation interpolates between
the experimental data points to determine the pump characteristics over a wide
operating range.
Using this lookup table based implementation also allows for future flexibility
of the pump hydraulic model. The BiVACOR device has not reached its final
design iteration and there is already development into changes to the left and right
pump hydraulic design. Once these changes are made the numerical simulation
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must be updated to reflect the new pump characteristics. Generating new fitted
equations approximating the pump performance can be time consuming, while
updating the look up tables with new HQ data can easily be accomplished. For
these reasons the lookup table method was chosen for this numerical simulation.
In addition to the standard pressure, flow and speed relationship the rotor
position must also be considered when determining the pump performance at a
given operating point. The pump characteristics were determined experimentally
in a simple single loop. As one pump was being tested the other was clamped off
to alleviate the effect of leakage flow between the pumps. Figure 4.15 (a) and (b)
show the pump performance curves of the left and right pumps respectively.
The pressure head over the left pump and right pumps is determined from the
circulatory hemodynamics and the cannula pressure drop. The resulting pump
flow is then determined from the lookup tables. Vollkron et al. (2002) showed
that the inertia within the pump can be ignored and as such the pumps can be
seen as pressure dependent flow sources.
4.3.3 Modelling of the Motor
The axial force and torque of the axial flux motor used in the BiVACOR device
was previously modeled and validated in section 3.8 and are shown below.
Fmotor =
6.4
(zmotor + 1)
2
(
I2s,m + 2 · 3.17Is,m cos (δ) + 3.172
)
(4.20)
τ =
0.0128
zmotor + 1
3.17Is,m sin (δ) (4.21)
The axial flux motor is used to provide torque to the rotor while also producing
an attractive axial force. The magnitude of the axial force is important for
the numerical simulation as it must be balanced by the hydraulic forces and
the magnetic bearing. Equation 4.20 can be used to determine the attractive
force for a given stator current, however the torque angle δ must also be known.
The torque angle δ defines the angular separation between the stator and rotor
magnetic fields and is dependent on the delivered torque. The motor is run in an
open-loop control system with sinusoidal stator currents. In this scheme the value
of δ is not measured and is free to vary for a given load torque and excitation
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Figure 4.15: Left and right pump HQ performance curves for the BiVACOR
device. (a) Left pump HQ performance curve for changes in rotor speed; (b)
Right pump HQ performance curve for changes in rotor speed; (c) Left pump HQ
performance curve for changes in rotor position.
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current. In the numerical simulation, the value of δ, and consequently Fmotor, is
determined by solving equation 4.21 for the variable δ.
sin (δ) =
τmotor (zmotor + 1)
0.0128 · 3.17Is,m (4.22)
Therefore the torque angle δ can be determined for a particular load torque
τ , airgap zmotor and stator current Is,m. The value of τ can be determined by
considering the hydraulic power delivered by the impellers and the hydraulic
efficiency of the pumps. Namely
Pmotor,τ = ωτmotor (4.23)
τmotor =
Pmotor,τ
ω
(4.24)
τmotor =
1
ω
(PL,pump + PR,pump) (4.25)
τmotor =
1
ω
(
PL,hyd
µL
+
PR,hyd
µR
)
(4.26)
τmotor =
1
ω
(
QLHL
µL
+
QRHR
µR
)
(4.27)
4.3.3.1 Hydraulic Efficiency
The efficiency of the impellers must be calculated such that the torque delivered
by the motor can determined. The torque supplied to the impeller is critical as
it will affect the amount of axial attractive force that is produced by the motor.
In addition to the efficiency of the pump at various speeds, the effect of different
axial displacements must also be determined as this will have a huge effect on
the pump performance. The efficiency of the left and right pumps was measured
using the shaft driven prototype in the MCL.
Experiment Procedure
As was described in chapter 3, a shaft driven prototype of the BiVACOR device
was placed in the MCL. A DC motor (Part number 236668, Maxon Motor ag,
Sachseln, Switzerland) was used to drive the prototype and the electrical power
delivered to the system was recorded. When run within its thermal and rated
limits the motor efficiency is approximately flat over the operating range and has
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an efficiency of 79%. This was used to calculate the delivered power to the rotor.
The bearing resistance was also measured by operating the rotor in the casing
without fluid. This allowed for the calculation of the no load power and was
used to offset the measured values when fluid was present. Flow and pressure
sensors were used to calculate the hydraulic power produced by the pumps. The
efficiency of the pumps could then be determined. The pumps were run over a
wide speed range as well as the full axial movement range of the impeller.
Experiment Results
The raw results were recorded and then fitted to a multivariable polynomial func-
tion. This polynomial function can then be directly implemented into SIMULINK R©
or MATLAB R©.
Figure 4.16 shows the results of the hydraulic power experiments for the left
and right pumps. Figure 4.16 (a) shows the motor power for a given left pump
hydraulic power, while figure 4.16 (b) shows the same for the right pump.
4.3.4 Results
The elements of the device model were combined with the circulatory model. For
this project the device was configured as a TAH device. The inflow of the device
was cannulated to the left and right atria while the outflow was connected to
the Aorta and Pulmonary artery. The cannula model was used to simulate the
shorter cannula found on the TAH device. The model has the flexibility to set
the magnetic levitation system in any configuration. In chapter 5 of this thesis, a
specific configuration of the magnetic levitation system is determined. Without
loss of generality, the system is configured based on the results of chapter 5 for
the sake of future comparison.
Figure 4.17 shows some output from the numerical simulation when the Bi-
VACOR TAH is operating and the rotor is moved in the axial direction. Figure
4.17a shows the pressures of the Aorta, Left Atrium, Pulmonary Artery and Right
Atrium. It is clear that as the rotor moves towards the left side (positive dis-
placement) the pressure in the aorta rises while the pressure in the left atrium
decreases. The opposite is seen when the rotor moves the other direction towards
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Figure 4.16: Input and output power of the left and right centrifugal pumps. (a)
Left pump power; (b) Right pump power.
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the right. In each of these positions the hydraulic forces acting on the rotor are
calculated. To balance these hydraulic forces as well as the motor attractive force
the magnetic bearings must change their excitation current. Figure 4.17b shows
the decrease of motor current and increase of magnetic bearing current as the
rotor moves towards the left.
4.4 Discussion
The human circulatory system and magnetic levitation systems are incredibly
complicated systems. Although many of their dynamics can be captured within
linear or simple nonlinear equations, their complexity means that numerical mod-
els such as these will always be approximations of varying accuracy. As such,
numerical simulations must be designed and used according to their purpose.
One of the biggest challenges with the cardiovascular model was its validation
and the calculation of its parameter values. The wide range of parameter values
that are used by different authors is a good indication of how difficult it can be
to determine a ‘true’ value for a particular parameter. Just as every patient is
slightly different, so it should be accepted that every simulation will be slightly
different. Validation against a large population of data should return a model
that is appropriate. In contrast to validation against mean or peak population
values, validation against measured pressure, flow or volume waveform data could
significantly increase the accuracy of the simulation. Unfortunately access to this
data is difficult and is often does not include a complete set of hemodynamic
parameters.
Although the numerical model that has been developed here is far from a
perfect, it has strengths in the areas that are required. Accurate nonlinear models
are used for the key pump components such as the magnetic levitation system,
cannula/graft and hydraulic forces. The circulatory model was created using a
very general layout giving it the flexibility to be configured and changed in many
ways for many projects.
Testing in this kind of environment can give information which is difficult
or impossible to get from in vitro testing, such as understanding the change of
left pump hydraulic force for a change of circulatory system parameter. The
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Figure 4.17: Results of a movement test using the numerical simulation and the
BiVACOR TAH. (a) Pressures in the circulatory system; (b) Current from the
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results that the simulation produce the perfect primer for further in vitro testing,
especially while device development is still progressing.
4.4.1 Current Limitations of the Circulatory Model
Although the developed model is sufficient for the work proposed in this project,
it is expected that the simulation will continued to be used by a number of
researchers working on various facets of MCS device development. A number
of elements were initially identified for inclusion into the model, however were
unable to be implemented due to time constraints and available validation data.
4.4.1.1 Interventricular Interaction
Due to their geometric juxtaposition and common wall, the left and right cham-
bers of the heart are inherently linked. In the current model, there is no modelled
interactivity between the chambers. Korakianitis & Shi (2006b) has proposed the
modelling of the ventricular septal wall as a movable membrane that can encroach
on either the left or right ventricles depending on the pressure difference. The
principal reason for the omission of this element in the current simulation was
the difficulty in validating the results. Further research into this interaction has
been proposed at the Prince Charles Hospital and it is hoped that relevant data
can be obtained from those studies to help validate an intervetricular model.
4.4.1.2 Baroreflex
The baroreflex in an important feedback mechanism for the circulatory system.
Details of its operation and outlined in section 2.2.3.5 of chapter 2. A num-
ber of authors have included the Baroreflex response in their numerical models
including, Van Roon et al. (2004), Li et al. (2002) and Cox et al. (2009). The ap-
plication of this numerical simulation in this project did not call upon the need for
a Baroreflex response, however further development of physiological controllers
could make use of the Baroreflex response to determine the controllers effective
interaction with it.
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4.4.1.3 Volume Dependent Inertiance and Resistance
In the natural circulatory system, pressure in the veins and arteries is due to the
distension of the vessel wall against the flow of fluid. In the numerical model
this distension is accounted for by a change in the compliance volume. Increased
pressure and hence volume in the natural vessels leads to an increase in the
vessel diameter which will also affect the fluid inertiance and resistance. In the
numerical model proposed by Gaddum (2008), changes to the vascular volume
(compliance volume) were used to modify the inertiance of the particular vessel.
He went on to show the importance of this change in inertiance specifically in
and around the heart. The complexity that this variable inertiance introduces is
quite significant and as such was omitted for this current version of the numerical
simulation, however future work on this model will include an investigation into
this dynamic vessel dilation.
4.4.2 Current Limitations of the Pump Model
Although considerable effort was put into the development of a complete pump
model, with a complex system such as this there will always be limitations.
4.4.2.1 Cannula
A nonlinear model was determined for the cannula to accurately match the pres-
sure drop observed in the MCL. However the compliance and inertiance models
of the cannula did not receive the same level of analysis. In the numerical model
presented, cannula compliance was neglected and inertia of the cannula as based
on ideal flow. In continuous flow studies such as this one, dynamic parameters
such as cannula compliance and inertiance are not critical. Pulsatile environ-
ments with high flow changes on the other hand require a good model for these
elements as they can have a very large influence on the results.
4.4.2.2 Pump Model
The pump model used in the numerical simulation is driven by the measured HQ
curves of the pump. The measurements of these pump curves are conducted in
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steady state and typically with only positive flow and head pressures. In many
cases, especially when the device is operated in a pulsatile manner the pump will
operate in a dynamic fashion. In these cases the validity of the pump model
would need to be addressed as simple extrapolation may not be valid.
4.5 Conclusion
In this chapter a numerical simulation which integrated the circulatory system
and BiVACOR artificial heart was developed.
The circulatory system model integrated many novel features from various
authors to create an accurate model. The model included modular vascular sub-
elements, dynamic valves and nonlinear systolic and diastolic heart contraction.
An optimisation routine was used to refine the parameter values such that the
output of the simulation matched healthy hemodynamics. Modification of these
healthy parameter values was performed to produce heart failure hemodynamics.
The mathematical model of the BiVACOR device that was previously devel-
oped describes the hydraulic and magnetic levitation forces acting on the rotor
as well as the leakage flow through the device. Addition elements such as a can-
nula model, pump hydraulic performance and efficiency equations were used to
integrate the BiVACOR device into the circulatory system numerical simulation.
The resulting holistic model was able to simulate the BiVACOR device operat-
ing within the circulatory system, with particular consideration for the magnetic
levitation system. This developed tool will be integral in the development of the
physiological control system as well as the optimisation of the magnetic levitation
system.
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Chapter 5
Magnetic Levitation System and
Prototype Performance
5.1 Introduction
One of the fundamental design concepts of the BiVACOR device is the magnetic
levitation system. Unlike many other levitation systems for artificial hearts which
primarily provide contactless operation for the moving components, the active
magnetic levitation system of the BiVACOR device is required to modify the
axial position of the rotor to vary the hydraulic output of the left and right
pumps. Further explanation of the operation of the BiVACOR device can be
found in section 2.5.
Fundamentally, the magnetic levitation system works by balancing the axial
attractive force of the motor and any disturbance forces with the attractive force
of the three magnetic bearings. Figure 5.1 shows the elements of the magnetic
levitation system, including the motor, rotor, magnetic bearings and eddy current
sensors. The figure also demonstrates how the force generated by the magnetic
bearing elements balance the motor and hydraulic forces to keep the rotor sus-
pended. The forces generated by the motor and magnetic bearing are a produced
by the combination of the magnetic flux created by both the electromagnet and
permanent magnet elements.
This chapter will discuss and analyse the development and optimisation of
the magnetic levitation system for the BiVACOR device. This project produced
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Figure 5.1: Elements of the magnetic levitation system and graphical represen-
tation of the force balancing.
two prototype devices which were designed to implement and test the magnetic
levitation system and their respective controllers. A short description and the
purpose of each prototype is provided below;
• Prototype V1 - This prototype was developed as an initial investigation
into the feasibility and performance of the proposed magnetic levitation
system. Its primary purpose was to test the capacity and performance
of the magnetic levitation system and as such did not have any hydraulic
components such as impellers or volutes.
• Prototype V2 - This prototype took the magnetic levitation system that
was refined in the first prototype and added the hydraulic components of
the left and right pumps, making this prototype a functional artificial heart.
The control system as well as axial positioning of the magnetic components
was based on the optimisation analysis that is described in section 5.3 of
this chapter.
The analysis presented in this chapter includes the development and opti-
misation of the levitation control system as well as the performance of these
prototype devices. This chapter will present these developments, analysis and
results chronologically as they occurred in the research project, namely
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1. Literature review; section 5.1.1.
2. Development and testing of an initial prototype device (prototype V1);
section 5.2.
3. Optimization of the levitation configuration and controllers using mathe-
matical models; section 5.3.
4. Development and testing of a second prototype device (prototype V2); sec-
tion 5.4.
5.1.1 Literature Review
There have been a number of blood pumps in the commercial market or in clinical
trials which have utilised magnetic bearings.
• DuraHeart LVAS (Terumo Heart, Inc., Ann Arbor, MI, United States)
• HeartMate R© III (Thoratec Corporation, Pleasanton, California, United States)
• CentriMag R© Blood Pump (Thoratec Corporation, Pleasanton, California,
United States)
• Incor R© (Berlin Heart GmbH, Berlin, Germany)
The DuraHeart device uses an active axial magnetic bearing system to lev-
itate the centrifugal impeller in the casing. The Incor R© device is an axial flow
pump which has an active magnetic bearing to suspend the impeller in the axial
direction. The CentriMag R© blood pump uses an self-bearing radial bearing and
motor to levitate its centrifugal impeller. The magnetic levitation system used
on the HeartMate R© III device is the same as in the CentriMag R© device, however
the pump and actuator were reduced in size [Hoshi et al. (2006)].
There are many control systems that have been proposed for the control and
stabilisation of magnetic levitation systems. Although the different control sys-
tems provide stability for the rotor, many have specific advantages such as sim-
plicity, minimisation of energy or stability over wide operating regions. As such
many different control schemes should be considered when designing the magnetic
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suspension system. The literature review presented in this chapter discusses the
current techniques being used by many researchers in the field of magnetic sus-
pension with a particular focus on those methodologies being utilised for the
application of artificial hearts.
5.1.1.1 Linear Control
Linear control is by far the most popular method for stabilisation and control
of magnetically levitated heart pumps. Although the forces and dynamics that
govern the levitation system are inherently nonlinear, linear methods of control
and controller design can still be effective.
Linear control is well understood and offers a number of advantages over
more complicated control methods. In particular, the simplicity and easy design
procedure makes linear control an excellent option for the control of prototype
devices. However, linear control can often be seen as over simplified for many
complicated systems and often provides sub-optimal performance or stability only
around the steady state operating point.
The PID controller is the most common linear controller with more than half
the controllers used today based around PID or modified PID controllers [Ogata
(2002)]. The PID controller is very simple and consists of the weighted sum of
proportional, derivative and integral terms. Construction of a PID controller is
based around determining the values of the three gains Kp, Kd and Ki. These
parameters are the gain values of the proportional, derivative and integral terms
that are used in the PID controller. There are a number of published methods
for determining the unknown values of the parameters such as the Ziegler-Nichols
tuning rules as well as computational and empirical approaches [Ogata (2002)].
In many applications all three terms of the PID controller may not be needed
for the controller. These controllers are commonly referred to as PD and PI
controllers and are often used in circumstances where obtaining the integral or
derivative term may be difficult, erroneous or is unnecessary.
Due to the complexities of developing accurate system models, it is common
practice to use experimental or empirical data to determine the values of the
unknown gains. Ueno & Okada (2000a) determined the unknown values of a
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digital PID controller for a heart pump levitation system experimentally and im-
plemented the controller on a digital signal processor. To manually tune a PID
controller, iterative perturbations of the three gains, are made until the perfor-
mance of the system satisfies the requirements. Although this method is simple
and requires no system modelling, it often results in sub-optimal performance.
To improve the performance of the PID controller, whilst still utilising an exper-
imental approach to the design, Schroder et al. (2001) used an online method
for determining the parameters of the PID controller. This approach used the
H∞ and H2 measures of the system to determine the effective performance of
the PID controller. Not only does this method produce much better controller
performance, but decreases the required design time by automating the process.
Another method for determining the PID controller parameters was presented
by Baloh et al. (1999) and used model fitting techniques to determine both the
plant and controller parameters. By assuming that the plant is a second order
system, values for the unknown plant parameters can be determined by measuring
the transfer function experimentally and fitting the unknown values to the data.
Once the model parameters are known, the PID parameters can be deduced
analytically. Like the manual tuning methods discussed above, this method does
not require a theoretical system model to determine the PID parameters, but
does not fit the PID parameters directly from the experimental data.
Because of their simplicity, multiple PID controllers are often used to control
various aspects of a system which would otherwise need a much more compli-
cated control system. In the case of a suspended rotor, Bearnson et al. (1996)
used independent PID controllers to stabilise two different axes of the same ro-
tor. Maslen et al. (1998) also used this approach, suspending the rotor on its five
principal axes with PID controllers. Although not all axes are perfectly decou-
pled, the strategy does present possibilities for a number of magnetic suspension
applications and should be considered when designing control systems.
Another common linear control technique is the state feedback or pole place-
ment method. This method is based around modifying the eigenvalues of the
state space system using the internal states as feedback [Ogata (2002)]. In many
circumstances the state feedback control has a similar structure to a PD or PID
controller and can be used as a design technique for PID controllers. Specifying
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the eigenvalues of the system gives the designer control over many of the time
domain performance characteristics of the system with the controller [Yi et al.
(1996)]. This method requires a linearised system model to be deduced, increasing
the complexity of the method. Another difficulty of using this method is gener-
ating or observing all the internal states. In many applications, state observation
is difficult or impossible due to the nature of the system. However, because of
the very simple design procedure and design flexibility, this is certainly a viable
option for linear controller design.
5.1.1.2 Non-linear Control
Although in the application of centrifugal heart pumps, linear control schemes
are by far the most widely used control method, in other magnetic bearing ap-
plications non-linear and optimal controllers are used extensively. Improved per-
formance over simple linear techniques has been demonstrated in many magnetic
bearing applications. Unlike the linear methods, whose stability is often localised
around a specific operating point, non-linear methods can provide system stability
over a wide range of operating regions. The widespread use of non-linear control
systems in magnetic bearing applications other than heart pumps indicates that
non-linear methods are a viable control strategies for the application.
One of the most popular non-linear control methods is the feedback lineari-
sation method which is discussed by a number of authors including Slotine &
Li (1991), Trumper et al. (1997), Levine et al. (1996), Hung et al. (2003). This
method attempts to effectively remove the non-linear part of the system and
reduce the control problem to a linear case. This is achieved by placing a non-
linear compensator before the plant [Hung (1991)]. Once the compensator has
been designed for the system, a linear controller can be designed to give the re-
quired performance characteristics [Lindlau & Knospe (2002)]. Hung et al. (2003)
showed using experimental results, that feedback linearisation control in magnetic
bearings has comparable performance to PID control near the steady state oper-
ating point, but significantly better performance in other operating areas. One
of the biggest drawbacks of this method is the requirement of an accurate plant
model for compensator design. Deviation of the plant from the idea design model
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can lead to the non-compensator ineffectively cancelling the non-linear elements
resulting in a degradation of the system performance. In the case of the Bi-
VACOR device, as with other blood pump applications, the operating point of
the model can vary significantly due to unpredictable, or controllable changes in
hemodynamic, hydraulic characteristics or device orientation.
Another popular method for controlling non-linear systems is sliding mode
controllers. Sliding mode controllers work by driving the system to an equilibrium
manifold and then constraining it to the sliding surface. Design of a sliding mode
controller consists of two major parts. The first step is to design an equilibrium
manifold such that when the system is restricted to the surface it exhibits the
required performance criterion. Secondly, a controller is then designed to drive
the system to the equilibrium manifold from a region of operating points. A
robust sliding mode control was implemented by Lee et al. (2003) and was shown
to be effective for a range of operating conditions. Rundell et al. (1996) showed
that the control performance of a vertical shaft magnetic bearing with a sliding
mode controller is comparable with the Q-parameterization results presented by
Mohamed & Busch-Vishniac (1995), but was far more robust against parameter
uncertainties and system disturbances.
Non-linear compensation based on the control Lyapunov function (CLF) is
an extension and application of the Lyapunov stability criterion. The Lyapunov
stability criterion is a robust and powerful method for determining the stability
of a control system. The method is built around the analysis of the constructed
Lyapunov function. Various criterion, if satisfied by the Lyapunov function, can
guarantee the stability of the system within the imposed bounds. CLF controllers
are constructed around an appropriate Lyapunov function and are used to de-
termine the control signals that will ensure the stability of the system. CLF
control can often determine closed forms of the controller feedback which can
then be directly implemented [Sugie et al. (2000)]. Alternatively, the suitable
control feedback can be determined numerically by continually solving the asso-
ciated Lyapunov function. One of the biggest advantages of the CLF method
is the ability to simultaneously minimize associated cost functions. This was
demonstrated by Sugie et al. (2000) when they implemented a closed form CLF
171
5.2 Prototype V1
controller that minimized the controller energy. Equivalent optimization of feed-
back linearization and sliding mode controllers is significantly more difficult. The
major drawback of the CLF method is its complexity. There is no strict rule for
determining appropriate Lyapunov functions and it is often impossible to find a
close form solution [Brogan (1991)].
5.1.1.3 Optimal Control
Optimal control methods improve on the basic control schemes by minimizing one
or more facets of the system. Optimal control is typically used to optimise the
time for a controller to reach a final state or minimize a cost function associated
with the control trajectory. In applications like centrifugal heart pumps, the
minimization of the power used by the controller is of particular interest [Timms
(2005a)]. There are a number of different optimal control methods that have been
applied to magnetic bearings including; Optimal integral type servo-controller
Mukhopadhyay et al. (1997, 1999), H∞ control Duan et al. (1999, 2000); Fujita
et al. (1993); Shafai et al. (1994), µ-synthesis Fittro et al. (1997); Losch et al.
(1999), LQ control Zhuravlyov (2000).
In addition to the standard optimal methods proposed above, a number of
authors have proposed novel methods for specifically reducing the average amount
of power used by the controllers of magnetic systems. Many of these methods
focus on reducing the bias current of the electromagnets. Johnson et al. (1998)
propose an adaptive variable bias control method which performed similarly to an
equivalent PD controller, but significantly reduced the power required compared
to a conventional controller. Masuzawa et al. (2009) and Samiappan et al. (2005)
have demonstrated the application of the virtual zero power (VZP) controller to
an artificial heart pump with permanent magnets. Both these methods succeed
in reducing the average power required by the controller.
5.2 Prototype V1
A prototype of the magnetic levitation system was built to determine its poten-
tial effectiveness in the BiVACOR device [Kurita et al. (2008), Greatrex et al.
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(2010)]. This prototype was given the identifier V1 to distinguish it from future
prototypes. In addition to testing the active magnetic levitation system, the pro-
totype was also used to determine the performance and limitations of the radial
journal bearing system. As such this initial prototype was designed to operate
with fluid, however featured no impeller blades, volutes, inlets and outlets.
In addition to the development of the prototype device, a number of support-
ing systems were also developed or utilised for the prototype. These included,
current amplifiers (LCAM, Quanser, Ontario, Canada) used to excite the coils,
eddy current position sensors (U5B, Lion Precision, Minnesota, USA) and feed-
back control systems implemented using the dSPACE DS1103 acquisition system
(dSPACE GmbH, Paderborn, Germany).
Prior to the design and construction of this prototype, only simple modelling of
the magnetic components had been completed. As there was no system model, a
simple PID controller was used initially to achieve levitation. Control parameters
were determined and tuned manually and the axial offset position of the bearing
and motor were also determined experimentally.
5.2.1 Prototype V1 Design
Although this prototype lacked any of the hydraulic elements that will be present
in the final BiVACOR device, the magnetic bearing and motor used in this pro-
totype are the same as the ones proposed for the final design. The radial location
and positioning of these magnetic levitation elements were made with the final
version of the pump in mind. Namely, the positioning of the magnetic bearing
elements were made such that the right pump inlet and outlets could be accom-
modated even though they were not present in this prototype. Figure 5.2 shows
a cross-sectional view of the prototype device.
The axial offset of the magnetic bearings and motor are two very critical
parameters of the magnetic levitation system. One of the initial objectives of the
prototype V1 was to determine approximate values of both the magnetic bearing
and motor offset which produced stable movement of the rotor over the entire
axial movement range. To accommodate these axial offset changes, a number of
different thickness spacers were constructed that could be used to adjust the axial
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Figure 5.2: Cross-sectional view of the Prototype V1 device.
offset of either the magnetic bearing or motor. This flexibility allowed for many
different combinations of bearing and motor axial positions to be tested.
The rotor used in this prototype did not contain either the left or right im-
pellers or the right pump side extrusion, leaving it with a simple cylindrical
geometry. A comparison between the prototype V1 rotor and the prototype V2
rotor is show in figure 5.3. From this diagram it is clear that the V1 rotor con-
tains a similar layout for the magnetic elements, such as the magnetic cores and
permanent magnets.
The physical movement range of the rotor within the casing was designed to
be 0.4 mm or ±0.2 mm. However due to rotor oscillations and manufacturing
finishes, it was found experimentally that the rotor began to touchdown on the
axial casings at displacements of > 0.15 mm from the center giving a practical
movement range of 0.3 mm or ±0.15 mm. Although it is expected that the final
pump will have a larger movement range, this prototype was created with a
smaller range as an initial investigation. The experimental results shown for this
pump are typically conducted over a range of ±0.15 mm to ensure that potential
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Permanent Magnets
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Right Impeller 
Right Extrusion
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Bearing Core
Prototype V1 Rotor Prototype V2 Rotor
Figure 5.3: Comparison of the V1 and V2 prototype rotor.
touchdown does not affect the results.
To determine the performance of the radial journal bearing, the prototype
was designed to be run with fluid. The radial clearance between the rotor and
casing is equal 50µm, which is proposed for the final device design. Two eddy
current position sensors were placed in the radial wall of the casing to detect the
radial trajectory of the rotor.
5.2.2 Prototype V1 Control System
The controller of this prototype was designed to be simple to modify, adjust
and tune. A number of PID controllers were used to vary the current to the
3 magnetic bearings as well as the axial motor. The structure of the magnetic
levitation control system is shown in figure 5.4. In this system, there are 3
measured system states which are influenced by the magnetic levitation system;
the rotor position z and the rotor tilt θx and θy.
As has been expressed throughout this report, one of the critical operational
requirements of the magnetic levitation system is to actively move the rotor to a
target axial position (ztarget). Although the levitation system could seek to drive
the rotor to a particular tilt orientation, this has no relevance to the device and
as such the controller will aim to maintain a rotor at a level orientation (θx = 0
and θy = 0).
To achieve these control objectives, each magnetic bearing will operate to
maintain the rotor position directly under the bearing at the target axial position
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(ztarget). In this manner, each magnetic bearing will perform local positional
control to achieve global stability and axial actuation of the rotor. The signals
from the eddy current sensors are passed through a coordinate transformation
matrix to determine the position under each bearing (zcoil,u, zcoil,v and zcoil,w).
A PID controller is then used to vary the current of each magnetic bearing coil
independently. The parameters of each PID controller are equal as there is no
performance difference between any of the coils. This control scheme is described
mathematically below in the Laplace domain
icoil,u =
(
Kp,MB + sKd,MB +
Ki,MB
s
)
(ztarget − zcoil,u) (5.1)
icoil,v =
(
Kp,MB + sKd,MB +
Ki,MB
s
)
(ztarget − zcoil,v) (5.2)
icoil,w =
(
Kp,MB + sKd,MB +
Ki,MB
s
)
(ztarget − zcoil,w) (5.3)
Where Kp,MB, Kd,MB and Ki,MB are the proportional, derivative and integral
gains respectively. The integral component of the PID controller will continue to
increase/decrease the current in the bearing until the rotor is located at the target
position. This essentially provides the current required to balance the steady state
rotor forces at the given axial target position. The proportional and differential
component provide stability to the rotor against transient or disruptive forces on
the rotor.
Like the magnetic bearings, the motor current magnitude is also controlled via
a PD style controller. However the input to the PD controller is not the position
error, but is just the rotor position. Consequently this controller decreased the
current when the motor airgap is low and increases it when it is large regardless
of the axial target position. This tends to assist in torque production and reduce
the natural motor magnetic stiffness due to the rotor positional movement. The
integral component of the full PID controller is not included in this motor con-
troller as the magnetic bearing integral controller is used to balance the rotor.
As described previously, the motor is fed by 3-phase currents in an open-loop
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scheme. The motor phase currents are given by
imotor,u (t, z) = Imotor (z) sin
(
2piN
60
t
)
(5.4)
imotor,v (t, z) = Imotor (z) sin
(
2piN
60
t+
2pi
3
)
(5.5)
imotor,w (t, z) = Imotor (z) sin
(
2piN
60
t+
4pi
3
)
(5.6)
With the motor rotational speed given by N and the amplitude of the motor
current given by Imotor (z). The current amplitude of the motor consists of two
parts, the offset current (I0,motor) and a current due to the position controller
(iPID,motor). The motor PID controller uses the centre of gravity position of the
rotor as the control feedback variable. The motor amplitude is given by
Imotor (z) = I0,motor + (Kp,motor + sKd,motor) z (5.7)
The parameters for the PID controllers were determining experimentally using
manual tuning. The PID parameter values used in this controller are given in
table 5.1.
Parameter Value
Kp,MB 20 A mm
−1
Kd,MB 0.04 A s mm
−1
Ki,MB 30 A mm s
−1
Kp,motor 2 A mm
−1
Kd,motor 0.01 A s mm
−1
Table 5.1: Prototype V1 PID controller parameter values.
The control system is implemented on the dSPACE data acquisition system
(DS1103, dSPACE GmbH, Paderborn, Germany). The controller is designed in
SIMULINK R© and complied onto the DS1103 dSPACE board. A graphical user
interface was created to allow the user to easily adjust the control parameters
and the view the device performance. The sampling frequency of the dSPACE
system is 10kHz. A low pass filter, show in figure 5.4 is applied to the raw eddy
current signal to reduce the noise of the signal. This noise filter is implemented
digitally in dSPACE and is a 2nd order low-pass filter with a cut-off frequency of
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4 kHz. Additionally, the derivative term used in the PID controllers contains an
additional low pass filter to reduce the sensitivity of the derivative term to noise
and to ensure the algorithms does not contain any algorithmic loops. The cutoff
frequency of the derivative term is 1 kHz.
5.2.3 Prototype V1 Results
A number of tests were conducted with the V1 prototype to determine the per-
formance and characteristics of the magnetic levitation system.
5.2.3.1 Speed Test
In this test the rotor was accelerated from 0 rpm to 2500 rpm while the rotor was
kept in the central position (0 mm). The experiment was performed twice, once
in air and a second time in a 38% Glycerol / 62% water mixture (by weight).
Figure 5.5 shows the magnitude of the rotor vibrations as the rotor accelerates.
It is clear that the presence of the water / Glycerol fluid decreases the magnitude
of the rotor axial vibrations. This is due to the high damping provided by the
fluid. As there are no inlets or outlets, movement of the rotor in the axial direction
requires the displacement of the fluid volume though the thin journal bearing
section. As such, the fluid damping in this prototype is significantly higher than
would be expected in the final device.
5.2.3.2 Position test
In this test the rotor was accelerated to 2500 rpm and the axial position was
varied. Figure 5.6 (a) shows the variation of the motor stator current and mag-
netic bearing current due to the position of the rotor. As the motor current is
controlled by a PD controller with a steady state current offset, its response is
linear to the change in rotor position. However, the bearing current is controlled
with a PID controller, with the integral term providing the steady state current
required to balance the rotor.
The copper losses of the magnetic bearing and motor are shown in figure 5.6.
As the rotor moves axially towards the magnetic bearings the power used by those
elements decreases, while the power used by the motor increases and vice versa.
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Figure 5.5: Magnitude of axial vibrations of the rotor under various operating
speeds.
The combination of the magnetic bearing power and the motor power results in
a parabolic function of total power. The minimum of the total power is centre
about the axial position −0.075 mm, demonstrating that the magnetic zero point
is not located in the geometric zero point. By altering the magnetic bearing and
motor spacers of the prototype this magnetic zero point can be moved.
5.2.3.3 Step Input Test
To observe the transient performance of the control system, a step change to the
target axial position was applied to the system. This test was performed while the
rotor was at 2500 rpm. The test was repeated in both water / Glycerol solution
and air and the results of both experiments are shown in figure 5.7. The effect
of the fluid damping on the response is very clear. In both the air and the fluid
tests, the same control parameters for the PID controller were used. With the
presence of fluid, the rise time, settling time and overshoot are all increased from
the air experiment. However both the axial and radial vibrations of the rotor
were significantly decreased in the case of the fluid. As discussed earlier, without
the inlets and outlets, the fluid must transverse through the thin journal bearing
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Figure 5.6: Changes to the current and power losses due to rotor positional
movement for the magnetic bearing and motor. (a) The response of the PD
controller of the motor and the PID controller of the magnetic bearing to the
different axial rotor positions.; (b) Copper power losses of the magnetic bearing
and motor for changes in the rotor position.
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Figure 5.7: Step response of the levitation system in both water / Glycerol solu-
tion and in air. The response in the water / Glycerol case is much more damped
than the air case due to the higher viscosity and the absence of pump inlets and
outlets.
region in the case of motor movement, significantly increasing the damping. It is
expected that with pump inlets and outlets the fluid can be displaced through a
lower resistance path which will reduce this damping effect.
5.2.3.4 Radial Stability
In addition to the axial levitation performance of the device, the radial stability
of the journal bearing was tested with this device. To determine the effective
stability of the journal bearing the rotor was run at 2000 rpm in both air and
38% Glycerol / 62% water mixture (by weight). The radial movement of the
rotor was measured using two eddy current sensors and is shown in figure 5.8.
The location of the casing is indicated by the circular dashed line. The radial
movement in air is clearly erratic and touches down on the outside of the case.
Conversely, the water / Glycerol test indicates that the rotor achieves radial
suspension with a relatively low eccentricity.
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Figure 5.8: Radial movement of the rotor at 2000rpm in air and water / Glycerol.
5.2.4 Conclusions
This first prototype device proved that the setup of the magnetic levitation sys-
tem was viable and showed that movement of the rotor was possible. Although
the axial air gap positions of the magnetic bearing and motor were determined
experimentally, and the PID control parameters were tuned manually, controlled
levitation was achieved over the designed range of 0.3 mm or ±0.15 mm. Ac-
celeration of the rotor up to 2500 rpm was confirmed. The copper losses of the
magnetic bearing and motor showed a minimum power operating point which
could be moved by modifying both the magnetic bearing and motor axial posi-
tion offsets and thus moving the permanent magnet zero point. The rise time of
the step response was approximately 1 sec, however due to the very high damping
provided by the fluid and the enclosed casing this value is higher than should be
expected in the final design. The next design of the device includes hydraulic
components such as impellers, inlets and outlets which reduces the damping of
the rotor and improves the step performance of the device. The rotor was shown
to be radially stabilised near the centre of the casing by the journal bearing.
In addition to the device itself, the support systems required to run the device
were also successfully developed. The current amplifiers, eddy current position
sensors and feedback control systems developed for this device were utilised in
the next prototype iteration.
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The prototype performed well and provided many insights into the operation
and key design parameters of the magnetic levitation system. Future prototypes
will build on the levitation system design demonstrated here and will add the
hydraulic components of the device.
5.3 Optimisation of the Magnetic Levitation Con-
trol System
The first prototype showed that the levitation system was able to provide stable
operation and active rotor movement. The control scheme that was used in that
prototype was based around a number of independent PID controllers and is
described in section 5.2.2 and shown in figure 4.2. Due to its success, the control
system used in the first prototype will continue to be used for the next prototype,
however analytical optimisation methods will be used to improve its performance.
The theoretical analysis and optimisation of the controller will be based around
the mathematical model presented in chapter 3 of this report.
The localised controller method used in the first prototype was able to provide
stability in the axial direction as well as both of the tilt directions θx and θy using
the three magnetic bearings. As both the motor current and the three magnetic
bearing currents are used to stabilise the rotor in the axial direction, this repre-
sents an over-actuated system. For a given rotor operating point, an increase of
motor current, within reason, can be matched by an increase of magnetic bearing
currents. In this manner there is theoretically an infinite number of combina-
tions of motor current and bearing currents that will balance the system at a
particular axial position. Obviously, an unnecessary excess of balancing current
from both the motor and the bearing would increase the power consumption of
the device. To reduce the power consumption, the parameters of the motor and
bearing controllers will be optimised such that the power used by the device will
be minimised.
In addition to the controller parameters, the performance and power con-
sumption of the device is heavily dependent on the offset distance between the
rotor and both the magnetic bearing and the motor. Experience with the first
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Figure 5.9: Identification of motor and magnetic bearing offset distance. The
offset distance includes the casing as well as half the total rotor moment. On the
left side, the impeller blades that cover the rotor must also be included in the
motor offset.
prototype showed that these geometric offsets are critical for the performance of
the device. For example, placing the motor too close could result in the bearings
being unable to provide enough force to balance or control the rotor when oper-
ating close to the left pump side. Conversely, moving the rotor too far back may
require excess power to be used by the motor to provide the required torque.
The next prototype of the device would feature the left and right pump hy-
draulic components which were absent on the Prototype V1. As such the values
of the motor and bearing offset need to be determined precisely, as modification
to these values on the next prototype would difficult due to the need to manu-
facture new parts. Figure 5.9 identifies the physical geometry of the offset values
in the next prototype.
5.3.1 Optimisation Overview
To improve the performance of the magnetic levitation system, it will be opti-
mised. Optimization of a device’s performance must be done within context. For
example, a system could be optimised to reduce one particular system perfor-
mance indicator while allowing others, deemed less important, to increase. As
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such it is important to identify the context of the optimisation procedure.
The copper losses of the magnetic bearing and motor represent the electri-
cal energy which is converted in the electromagnetic components to heat. Heat
generation in this manner is a big concern to the operation of the device. These
losses can draw additional power from the batteries reducing their life as well as
cause the temperature of the device to rise potentially resulting in damage to
the surrounding tissues or blood [Araki et al. (1995)]. As such the minimisation
of these losses is the number one priority when optimising this levitation system
and controller.
From the analysis of the mathematical model and experience from both the
numerical simulation and the first prototype, it is understood that the steady
state power consumption of the device depends on the motor axial offset distance
(z0,motor), the magnetic bearing axial offset distance (z0,MB) and the motor current
amplitude function (Imotor (z)). Although the magnetic bearing current will also
contribute to the steady state power consumption of the device, the bearing
current is used to balance the rotor forces and as such is considered a product
of the other parameters. As such these three parameters will be optimised such
that the steady state power consumption of the device is minimised.
While the steady state device performance is solely influenced by the offset
values and the motor current, the dynamic performance of the system is heavily
dependent on the magnetic bearing PID controller parameters. As the steady
state operation of the device is not influenced by the bearing PID control values,
they are free to be chosen such that the desired dynamic performance of the
device is achieved.
With these considerations the development of the magnetic levitation system
is broken into two stages;
1. Optimisation of the motor offset, bearing offset and motor current ampli-
tude to minimise the steady state power consumption.
2. Calculation of the magnetic bearing PID parameters for the desired dynamic
performance.
These two stages will now be described in more detail in the following sections.
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5.3.2 Steady State Optimisation
The steady state performance of the device considers the current required by the
motor and bearing to balance the rotor without movement. This case assumes
that the current in the bearings and motor have balanced the rotor forces and
that the rotor is located at the given target position. The optimisation will be
performed over the entire rotor axial movement range as well as rotor speeds from
2000 rpm to 2700 rpm. Analysis of the steady state performance of the device can
be used to determine the continuous power consumption of the device while under
normal operation conditions.
As described previously the three parameters which will be modified in the
steady state optimisation process are; the motor offset value z0,motor, the bearing
offset value z0,MB and the motor current amplitude function Imotor (z). The motor
current amplitude function is essentially a proportional controller and is defined
by Imotor (z) = I0,motor + Kpm,zz + Kpm,N(N − 2600). The parameters Kpm,z and
Kpm,N are the proportional gain values of the rotor offset and speed respectively.
All of these parameters are combined into the optimisation parameters vector Γ;
Γ =

z0,motor
z0,MB
I0,motor
Kpm,z
Kpm,N
 (5.8)
The optimisation will seek to find the value of Γ such that the following
optimisation objectives are satisfied.
1. The motor current is sufficient such that the torque provided by the motor
at the given operating point is more than sufficient.
2. The motor and magnetic bearing copper losses are minimised over the entire
potential operating range.
3. The force and torque capacity of the magnetic levitation system has excess
capacity for elevated hemodynamic conditions and disturbance forces.
The optimisation algorithm is described in figure 5.10. The optimisation pro-
cedure starts with the setting of the design criteria; the maximum torque angle
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and optimisation range (speed and position). At each iteration of the optimisa-
tion routine, a new set of optimisation parameters values, Γ, are chosen and the
cost of that particular parameter set is calculated. The value of the cost function
is then used to determine a new guess for Γ, and the routine is repeated until the
value of the cost function has reached a minimum. Elements of this optimisation
routine will be discussed in further detail below.
5.3.2.1 Steady State Optimisation Physiological State
The performance of the magnetic levitation system is not isolated from other
elements of the pump and its running environment. The hydraulic force and
pump torque requirements are two elements which change significantly with the
rotor position, rotor speed and pump hydraulic load. The hydraulic load on the
pump depends on the patient physiology and can vary in both a short-term or
long-term time frame. Optimisation for all possible hydraulic loads will decrease
the effectiveness of the optimisation around the normal operating point. As such
the optimisation was performed with an assumed nominal patient physiology. The
device will still be more than capable of performing in the presence of patient
physiological variation; however the power used by the device will be a minimum
while operating at the nominal patient physiology. As the optimisation process
will encompass the entire axial position and speed operating range, the hydraulic
performance of the system will change depending on these operating points.
To account for the effect of the hydraulic system on the magnetic levitation,
both the hydraulic power and axial hydraulic force must be included in the opti-
misation model. These values can be determined using the mathematical model
outlined in chapter 4. Figure 5.11 shows the hydraulic power required by the
left and right pumps under nominal physiological conditions. Figure 5.12 shows
the axial hydraulic force on the rotor for the same physiological conditions. The
hydraulic force stiffness is approximately 4 N mm−1. In comparison to the values
determined in section 3.7.3, the magnetic bearing force/current stiffness is ap-
proximately 2 N A−1 and the force/displacement stiffness is 7.5 N mm−1. As such
the magnetic bearings have the capacity to actively balance the system.
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Figure 5.10: Flow chart of the steady state optimisation.
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Figure 5.11: The hydraulic power used by the left and right pumps from the
validated simulation model. As the rotor moves closer to the left or right the
hydraulic power required by the relevant pump increases due to the increase in
pump hydraulic output.
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Figure 5.12: The hydraulic force acting on the rotor under nominal pump and
physiological conditions. Although the force on the rotor will change with varia-
tions to the physiological parameters, such as systemic or pulmonary resistance,
this characteristic force is used to optimise the control system.
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5.3.2.2 Steady State Optimisation Constraints
The parameters used in the optimisation have a number of limitations on their
value range due to their physical constraints. Both the motor and magnetic bear-
ing offset distances are physically constrained due to the minimum manufacturing
distances achievable in the device. The motor offset value must also include the
impeller blade height which is affixed atop the permanent magnets.
The maximum motor current amplitude is determined by the maximum cur-
rent output of the amplifiers. In the case of this project the peak current that
can be produced by the amplifiers is 3 A. The minimum motor current amplitude
is determined by the torque requirement of the rotor and the target torque angle.
As described in previous chapters, the motor is run in an open loop scheme where
the angle between the stator and rotor magnetic field is free to change depending
on the rotor torque, airgap and excitation current. A current which is too low
will cause the torque angle to increase past 90o and lose synchronization. To
prevent this from happening, a minimum current Imotor,min is calculated that will
produce a torque angle equal to a prescribed maximum torque angle δmax. As
described earlier the minimum airgap, z0,motor, is dependent on the left impeller
blades (1.4 mm), rotor cover (0.4 mm), left casing 1 mm and the rotor movement
distance (0.25 mm).
Table 5.2 shows the optimisation parameters limits.
Variable Min Max Units
z0,motor 3.05 ∞ mm
z0,MB 0.75 ∞ mm
Imotor Imotor,min 3 Amps
Table 5.2: limits of system parameters in the optimsation process.
5.3.2.3 Steady State Optimisation Cost function
This optimisation is achieved through the minimisation of one or more cost equa-
tions, which are a numerical measure of the device’s performance ‘cost’ for a
given set of system parameters, Γ. In general there is no set definition for a cost
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function, and their form varies for each application. Cost functions are designed
for each application based on the areas of the device’s performance which are a
priority, such as power losses or rotor movement response.
The Trust-Region-Reflective Optimisation algorithm was used to perform the
optimisation. This method is able to minimise a number of cost functions simulta-
neously whilst constraining the parameter values to the minimum and maximum
values described above. This method was chosen over other optimization meth-
ods specifically for its ability to handle boundary values of specific parameters.
However, the Trust-Region-Reflective algorithm cannot operate on under-defined
systems. As such, this optimisation system required at least five relevant cost
functions to optimise the 5 parameters of Γ. The five cost functions were con-
structed to encompass the steady state optimisation goals
JMBu,cost =
∫ Nmax
Nmin
∫ zmax
zmin
(
RMBi
2
coil,u
)
dz dN (5.9)
JMBv,cost =
∫ Nmax
Nmin
∫ zmax
zmin
(
RMBi
2
coil,v
)
dz dN (5.10)
JMBw,cost =
∫ Nmax
Nmin
∫ zmax
zmin
(
RMBi
2
coil,w
)
dz dN (5.11)
Jmotor,cost =
∫ Nmax
Nmin
∫ zmax
zmin
(
R′motorI
2
motor,RMS
)
dz dN (5.12)
Jcapacity =
Nmax∑
N=Nmin
∑
i=u,v,w
[(
1
icoil,i (zmin)− imin
)4
+
(
1
icoil,i (zmax)− imax
)4]
(5.13)
The first four cost functions, JMB,cost and Jmotor,cost, describe the copper losses
associated with the magnetic bearing and motor respectively. The third cost
function Jcapacity, describes the levitation system’s capacity to balance any addi-
tional forces. This is a result of the magnetic bearings maximum and minimum
force limitations. A control system which balances the rotor under normal condi-
tions near the limit of the magnetic bearing’s capacity will be unable to sustain
any disturbance forces. The cost function Jcapacity, is high when the steady state
bearing current under normal operating conditions is close to its operating limits.
Whilst the maximum force of the magnetic bearing is limited by the peak
current capacity of the amplifiers, the minimum is a function of the cancellation
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flux. Figure 3.18 in section 3.7.3 showed that the minimum force produced by
the magnetic bearings occurred at −0.75 A.
5.3.2.4 Steady State Optimisation Results
The results of the steady state optimisation routine are given in table 5.3. The
optimisation routine was run a number of times, each time with a new initial
starting point. The results of these optimisation runs were all within a small
tolerance (< 2%) of the values stated in table 5.3. This is to be expected with a
large nonlinear optimisation process such as this, due to the exit criterion of the
optimisation process. Although the optimisations returned very slightly different
parameters results, the value of z0,motor always returned 3.05 mm. This is the
minimum value of the motor offset and indicates how critical this parameter is for
the minimisation of the power. As the parameter value was equal to the boundary
constraint, a smaller minimum distance the motor z0,motor should further reduce
the power consumption. Although the manufacturing process used in this project
limits the size to 3.05 mm, improved manufacturing techniques to reduce this
value will be investigated for future designs.
The magnetic bearing displacement, z0,MB, returned a value of 0.97 mm which
is larger than the minimum value. This is because of the inability of the magnetic
bearings to effectively cancel the bias flux produced by the magnetic bearings.
If the magnetic bearings were moved closer, they would not be able to cancel
enough of their bias force when the rotor is operating close to the bearings (right
side of the device). As such, future developments should be focused on improving
the force capacity of the magnetic bearings, in particular their capacity to cancel
bias flux and produce low forces.
5.3.3 Bearing Controller Design
From the previous optimisation routine, the steady state operating parameters of
the levitation system have been determined. The magnetic bearing control system
parameters can now be determined such that the system is dynamically stable.
Although the magnetic bearing system will be required to move the rotor to a
given target position, this movement will not be a rapid or large step input. As
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Parameter Optimised Value Units
z0,motor 3.05 mm
z0,MB 0.97 mm
I0,motor 1.9 A
Kpm,z -0.5 A mm
−1
Kpm,N 9.9×10−4 A rpm−1
Table 5.3: Optimised parameter values for the steady state levitation system.
such the dynamic performance of the system is not a critical factor in the device’s
overall performance. With this in mind, the primary goal of the magnetic bearing
controller is to provide stability and eliminate any steady state error.
Although the forces of the magnetic bearings are inherently non-linear, as
discussed in section 5.1.1, it is a common practice to linearise the system about
a particular operating point to reduce the control problem to the well under-
stood linear case. It is well established that linear models of non-linear systems
perform well when operating close to the linearised operating point, but pertur-
bations away from the steady state operating point can cause model inaccuracies
depending on the nature of the non-linear system. Mizuno & Bleuler (1995)
used a multivariable Taylor’s series to develop a linear model for the magnetic
forces with input current and rotor displacement as the two independent variables.
Once an equation for the linearising the system model about any operating point
has been determined, many well known controller design strategies, such as pole
placement or Ackerman’s method can be applied to the system.
5.3.3.1 Calculation of Bearing Controller
The mathematical model of the magnetic levitation system and prototype device
was linearised using a multi-variable Taylor series. The resulting open loop system
was second order and is shown in state space form in equation 5.14 with the state
space variables x1 = z and x2 =
d z
dt
.[
d x1
dt
d x2
dt
]
=
1
m
[
0 m
Λ1 −b
] [
x1
x2
]
+
1
m
[
0
Λ2
]
iMB (5.14)
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Where
Λ1 =
dFmotor
dz
∣∣∣∣
z=z0
− dFMB
dz
∣∣∣∣
z=z0
+Kp,motor
dFmotor
di
∣∣∣∣
z=z0
+
dFhyd
dz
∣∣∣∣
z=z0
Λ2 =
dFMB
di
∣∣∣∣
z=z0
Equation 5.15 shows the state space system evaluated at the nominal operating
position of z0 = 0 mm and N0 = 2600 rpm with no feedback controller. This
system has eigenvalues of λ = 8.31 and λ = −21.54. As is expected, without a
feedback control this system is inherently unstable, as indicated by the positive
eigenvalue λ = 8.31.[
d x1
dt
d x2
dt
]
=
1
0.07
[
0 0.07
12.53 −0.93
] [
x1
x2
]
+
1
0.07
[
0
2.72
]
iMB (5.15)
The PID controller will seek to stabilise this system by moving the unstable
positive eigenvalue of the state space system to the negative half plane. The
matrix form of the magnetic bearing PID controller is defined in equation 5.16.
iMB = −
[
Ki Kp Kd
] ∫ z dtz
d z
dt
 (5.16)
The PID controller introduces an additional pole into the state space system
described above and creates a closed loop system. This close loop system is
described in 5.17, with the state space variables defined as x1 =
∫
z dt, x2 = z
and x3 =
d z
dt
.d x1dtd x2
dt
d x3
dt
 = 1
m
0 m 00 0 m
0 Λ1 −b
x1x2
x3
− 1
m
 00
Λ2
 [Ki Kp Kd]
x1x2
x3
 (5.17)
d x1dtd x2
dt
d x3
dt
 = 1
m
 0 m 00 0 m
−Ki,MBΛ2 −Kp,MBΛ2 + Λ1 −Kd,MBΛ2 − b
x1x2
x3
 (5.18)
A pole placement method can now be used to determine the values of Ki,MB,
Kp,MB andKd,MB that will stabilise the system and provide adequate performance.
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Theoretically, the poles of the system can be moved anywhere using the pole
placement method; however experience from the Prototype V1 devices indicated
that increasing the proportional and differential gains too high could result in high
levels of unwanted noise and oscillation. With this in mind, the three linearised
closed loop poles of the system s1 = −50000, s2 = −50 and s3 = −0.5. These
pole positions resulted in the following PID controller gains; Kp = 50 A mm
−1,
Ki = 22 A mm s
−1 and Kd = 0.62 A s mm−1. Many different pole positions were
tried, in particular moving the position of s3 further from the origin, however it
was found that the gain values returned were too high and resulted in instability
of the prototype device.
5.3.3.2 Variation of the linearisation point
The calculation of the control parameters above was performed about the nominal
operating point z0 = 0 mm and N0 = 2600 rpm. Movement of the rotor away
from this point will result in a variation in the system dynamics and controller
performance. To investigate this change, the linearisation and controller design
process that was described above was repeated at a number of discrete points
over the entire operating region. Both the rotor position and rotational speed
was varied between −0.3 ≤ z ≤ 0.3 mm and 2200 ≤ N ≤ 3000 rpm. The same
pole positions were used at each linearisation point and the resulting PID control
parameters determined.
Table 5.4 shows the maximum and minimum values for each of the PID pa-
rameters that were determined over the entire range. Variations between the
parameter values when the rotor speed or position is changed were observed.
However, in vitro testing of the system demonstrated a small improvement in
rise time (maximum increase of 0.12 sec compared to the constant PID parame-
ters found in 5.3.3.1) and an increase of vibrational amplitude (maximum increase
of 5% compared to the constant PID parameters found in 5.3.3.1). As the device
operates as a TAH, the marginal improvement in rise time was not significant
when considering the increase of vibrational amplitude. Because of this, the sin-
gle PID controller design (based on the values determined in 5.3.3.1) was used to
reduce the complexity of the control system.
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Parameter Minimum Normal Position Maximum Units
Kp,MB 48 50 55 A mm
−1
Ki,MB 21.6 22 25.2 A mm s
−1
Kd,MB 0.60 0.62 0.7 A s mm
−1
Table 5.4: The range of PID parameters that were returned when the system was
linearised at various points over the operating region.
5.4 Prototype V2
The second prototype was designed to incorporate both the magnetic levitation
system and the hydraulic components of the artificial heart. The design of the
prototype is outlined in section 5.4.1. The control system used with this device is
based on the system developed for the prototype V1 device. The parameters of the
controller were determined in section 5.3 using optimisation and pole placement
methods. This prototype uses many of the support systems developed for the
Prototype V1 device such as amplifiers (LCAM, Quanser, Ontario, Canada), data
acquisition system (dSPACE DS1103, dSPACE GmbH, Paderborn, Germany)
and eddy current sensors (U5B, Lion Precision, Minnesota, USA).
Although the sensors used in this new prototype are the same as the Prototype
V1 device, their layout is different due to the inclusion of the hydraulic elements.
Specifics of the sensor placement and the observer system used in this device are
discussed in section 5.4.2.
Similarly to the first prototype, a number of experiments were conducted to
determine the performance of the device. The results and discussion of these
experiments are presented in section 5.4.3.
5.4.1 Prototype V2 Design
The magnetic bearings that have been discussed and analysed throughout this
thesis were used in this prototype. The motor and magnetic bearing spacing
determined by the optimisation process described in section 5.3.2 of this chapter
were incorporated into this Prototype.
Most of the components used in the prototype V2 were manufactured from
acrylic material. Less critical parts, such as the magnetic bearing holder, were
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Figure 5.13: Cross-section of the Prototype V2 device.
printed using a Rapid Prototyper. The journal bearing casing from the prototype
V1 was manufactured from stainless steel and was reused. A cross-sectional view
of prototype V2 is shown in figure 5.13. Figure 5.14 shows the prototype device
in the mock circulation loop.
The physical movement of the rotor was restricted to ±0.275 mm. However,
the realistic movement of the rotor under magnetic levitation conditions was
±0.25 mm. The hydraulic components such as the left and right impellers and
the pump casings were identical to the ones used in the shaft driven prototype
described throughout this report. It was found in preliminary experiments that
the left pump of the Prototype V2 was much too powerful in comparison to
the right pump. In many cases it was difficult to achieve appropriate pressures
and flows from both the right and left pumps. To overcome this problem the
left pump outlet cannula was banded by a clamp to introduce an additional
outlet resistance. This reduced the effectiveness of the left without affecting
the right pump performance. The resistance of the clamp was calculated to be
175 dyn s cm−5 at 5 l min−1.
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Figure 5.14: A photo of the prototype V2 device in the mock circulation loop.
5.4.2 Observer design
Detection of the rotor position is achieved with eddy current sensors (U5B Eddy
current sensors, Lion Precision, Minnesota, USA) positioned around the right
pump face. The ferrous magnetic material placed in the right pump step face
for the magnetic bearings is also used as the target for the eddy current sensors.
The eddy current sensors are used to determine three of the rotor degrees of
freedom; z, θx, θy. The minimum number of eddy current sensors to observe
these variables is 3. To minimise the sensitivity of each individual eddy current
sensor they ideally should be evenly distributed around a common radius.
The Prototype V1 device used 3 eddy current sensors evenly positioned on a
common radius. However, due to the position of the right pump outlet in the
Prototype V2, it is impossible to position the eddy current sensors in their optimal
positions. They were instead positioned at irregular intervals around the right
pump face at the same radius. To minimise this error from this layout, 4 eddy
current sensors were used instead of the minimum of 3. The relationship between
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the rotor position and the sensor values is described by the matrix system 5.19.
zs1
zs2
zs3
zs4
 =

1 −rs sin (φs1) rs cos (φs1)
1 −rs sin (φs2) rs cos (φs2)
1 −rs sin (φs3) rs cos (φs3)
1 −rs sin (φs4) rs cos (φs4)

 ztan (θx)
tan (θy)
 (5.19)
Using the 4 sensors makes this system over-defined with 4 sensors values and 3
rotor position values. To determine the values of the 3 rotor position variables
the Moore-Penrose pseudoinverse of the rectangular transformation matrix was
calculated. The axial position of the rotor relative to each magnetic bearing is
determined by the system of equations 5.20.zmb,uzmb,v
zmb,w
 =
1 −rmb sin (φmb,u) rmb cos (φmb,u)1 −rmb sin (φmb,v) rmb cos (φmb,v)
1 −rmb sin (φmb,w) rmb cos (φmb,w)
 ztan (θx)
tan (θy)
 (5.20)
5.4.3 Prototype V2 Results
The prototype V2 device was placed in the mock circulation loop to determine
its performance as a TAH. Due to the physical constraints of the MCL, the
device required cannula to connect the pump inlets and outlets to the MCL.
Although this setup introduces an additional pressure drop within the circuit, the
BiVACOR device is also designed as a BiVAD device and as such was designed
hydraulically to accommodate these cannula. The working fluid of the mock
circulation loop was 38% Glycerol / 62% water mixture (by weight).
It is assumed that the TAH therapy has returned the patient’s systemic and
pulmonary resistances to an approximately normal value of 1000−1200 dyn s cm−5
for the systemic system and 150−300 dyn s cm−5 for the pulmonary system. The
MCL resistances were configured to reflect this scenario. The power delivered
to the motor and magnetic bearings from the amplifiers was recorded using four
power meters (Hameg HM8115-2, Hameg Instruments, Mainhausen, Germany).
Three power meters measured the MB power and one power meter measured the
motor. All the power meters were set to measure the real power (Watts).
A number of different experiments were conducted to determine the perfor-
mance of both the levitation and hydraulic system. The experiments and their
results are presented below.
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5.4.3.1 Position test
The device was placed in the MCL and accelerated to 2600 rpm. The axial posi-
tion was varied from −0.25 mm to +0.25 mm.
Figure 5.15 (a) shows the power used by the motor and bearing as well as
their combined total power. The current used at each position is shown in 5.15
(a). As expected the power used by the magnetic bearing increases as the rotor
is moved towards the left side (positive position on the graph). It is clear from
figure 5.15 (a) that the majority of the power used by the device is delivered to
the motor and that this value does not change significantly with rotor position.
The changes of rotor position are not that significant when compared to the large
airgap of the motor (3.05 mm).
The pressures and flows in the mock circulation loop were also recorded and
are shown in figure 5.16. When the rotor is moved the Aortic pressure changes
from approximately 97 mm Hg on the right pump side to 112 mm Hg on the left
pump side. The inlet pressure of the left pump decreases as the rotor moves
towards the left side and almost becomes negative at the extremity of movement.
This effect is mirrored on the right side, however the effect is not as pronounced
due to the lower pulmonary pressures.
Figure 5.17 shows the effect rotor movement has on the left pump, right pump
and leakage flows. Although the pressures change quite significantly with rotor
movement, the flows are less sensitive to the change. Movement of the rotor
towards the left side shows an increase of both the left and right flow. Under
steady state conditions, the flow from the right pump must equal the left pump
outlet flow plus any leakage flow. As such, the major effect of rotor movement on
pump flow is the increase or decrease of the overall flow as well as leakage flow
changes. As the pumps are essentially in series the overall hydraulic output of
the system will be increased significantly when the left pump output is higher as
opposed to the smaller right pump.
The efficiency of the whole system varied between 5.5% on the right side
and 5.6% on the left side. Although the hydraulic system increases its efficiency
when operating close to the left side, the magnetic bearing current is increased
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to operate in that position. As such the two effects cancel each other out and the
result is a flat efficiency curve for changes in rotor position.
The current supplied to the motor and the magnetic bearings at each position
is shown in figure 5.15b. These results correlate strongly with the results of the
simulated values presented previously in figure 4.17b.
5.4.3.2 Speed Test
In this test, the rotor was accelerated from 1000 rpm to 3000 rpm while the rotor
was kept in the central position (0 mm). Figure 5.18 shows the power consumption
of both the motor and MB elements as well as the total power. As expected,
the motor power increases as the rotor speed and consequently hydraulic power
increases. The magnetic bearing power stays fairly constant at all speeds.
The device could operate successfully at up to 3300 rpm to produce 6.9 l min−1
under some conditions. However, consistent operation above 3000 rpm was often
difficult. Motor power at these speeds was very high and made it difficult to keep
the system levitated.
5.4.3.3 Step Input Test
To observe the dynamic performance of the system, a number of axial step target
changes were applied to the system. This test was performed while the rotor
was rotated at 2600 rpm. The results of 4 step inputs of varying sizes is show in
figure 5.19. It is clear that for a small step input, the system has a fast rise and
settling time with only minimal overshoot. However as the step size increases,
the overshoot of the system becomes noticeable. Step inputs larger than 0.25 mm
were unachievable as the overshoot caused the rotor to touchdown and become
unstable. A rate limiter was implemented in the controller to prevent step inputs
that could potentially have touchdown event. With this rate limiter, larger step
sizes were achievable. The rate limiter restricts the input to a maximum change
of 1.5 mm s−1. This allows for a movement from one side of the device to the
other in 1/3 s. This speed should be sufficient for this application with a full
movement range oscillation able to be produced at 90 beats per minute.
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Figure 5.15: Resulting powers and currents of the prototype V2 device when
the rotor is moved from −0.25 mm to +0.25 mm. (a) Power used by the three
magnetic bearings and motor; (b) Current amplitude of the motor and the average
of the magnetic bearing currents.
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Figure 5.16: Mock circulation loop systemic and pulmonary pressures when the
rotor is moved from −0.25 mm to +0.25 mm. (a) Systemic Pressures; (b) Pul-
monary Pressures.
204
5.4 Prototype V2
−0.25 −0.2 −0.15 −0.1 −0.05 0 0.05 0.1 0.15 0.2 0.25
−1
0
1
2
3
4
5
Rotor Position (mm)
Fl
ow
 (l
/m
in)
System flows with TAH device at 2600rpm
 
Left Flow
Right Flow
Leakage Flow
Figure 5.17: Resulting systemic, pulmonary and leakage flows of the prototype
V2 device when the rotor is moved from −0.25 mm to +0.25 mm
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Figure 5.18: The power used by the motor and the bearing as the rotor speed is
increased.
205
5.4 Prototype V2
0 2 4 6 8 10 12 14 16
−0.25
−0.2
−0.15
−0.1
−0.05
0
0.05
0.1
0.15
0.2
0.25
Time (sec)
Po
sit
io
n 
(m
m)
System response to various sized position step inputs
Case 1
0.05mm step
Case 2
0.10mm step
Case 3
0.15mm step
Case 4
0.20mm step
Figure 5.19: The system response to 4 different positional step inputs.
5.4.3.4 Radial Stability
While the radial stability of the device was previously investigated in section
5.2.3.4, the addition of the hydraulic elements in this prototype warrants further
investigation into the stability. Figure 5.20 (a) shows the trajectory of the rotor
in the radial direction while operating at 2600 rpm. It is clear from this figure
that the rotor is suspended in the radial direction without contact, however it is
also evident that the rotor is whirling.
Cylindrical plain journal bearings such as the one used here are subjected to
a phenomenon commonly referred to as oil whirl [Stolarski (1990)]. Under some
conditions this effect causes the rotor to whirl at half the rotational speed [Brewe
& Khonsari (1988)]. Figure 5.20 (b) shows the spectral analysis of the radial rotor
trajectory. The frequency axis is normalised against the rotational speed of the
rotor. The largest component of the vibration signal occurs at half the rotational
speed indicating that half-frequency whirl is occurring in the radial direction.
5.4.3.5 Frequency Response
The stability of the magnetic levitation system can be determined by analysing
the response of the system to sinusoidal inputs of varying frequency. A small am-
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Figure 5.20: Analysis of the radial vibration of the levitated system. (a) Rotor
trajectory in the radial direction at 2600 rpm; (b) Spectral analysis of the axial
center of gravity vibration.
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Figure 5.21: Frequency response of the device to small sinusoidal input signals.
plitude sinusoidal signal was superimposed on the target position signal and the
gain of the output amplitude was determined. A bode plot of the system response
is shown in figure 5.21. The resonant frequency of the system was approximately
500 Hz indicating good stability over a wide operating region. Signals of frequen-
cies higher than the resonant frequency are heavily attenuated as expected.
5.4.3.6 Vibrational Analysis
The vibration of the system about the target position is a good indicator of
the system performance. Figure 5.22a shows a histogram of the rotor position
error for a 5 second period. As shown the vibration about the target position is
normally distributed and is less than 10µm, indicating low levels of vibration.
The spectral components of the axial vibrational signal is show in figure 5.22
(b). The frequency axis of the plot is normalised against the rotor speed. The
largest frequency component of the axial vibrational occurs at half the rotor
speed. This result was also found in the radial spectral plot (figure 5.20 (b)) due
to the half-frequency whirl of the journal bearing. This indicates that there is
cross-coupling between the half-frequency radial whirl and the axial rotor posi-
tion. The second biggest frequency component occurs at the rotational frequency,
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with further vibrational components present at integer multiples of the rotational
speed.
5.5 Discussion
The prototype V2 as a whole performed well in the in vitro tests. Fundamentally,
the device was able to provide perfusion at rates up to 6.9 l min−1 to the MCL at
appropriate pressures. The magnetic bearing worked well and provided adequate
movement of the rotor to observe the change of hydraulic performance between
the left and right pumps. Power consumption had a maximum of 27 W, however
was under 23 W for a large portion of the operating region. While the power
consumption of this device is higher than desired, the relatively low efficiency of
the motor drive has been identified. Improving the motor through redesign of
the stator and rotor components, the use of better stator materials as well as
switching to a closed loop commutation scheme would improve the efficiency of
this motor and thereby reduce the power consumption of the device. Future work
on this device will include a redesign of the motor element to improve efficiency.
There were however a number of limitations that must be resolved to improve
device performance. The principal problem is the motor. This is a difficult
application for a motor such as this, as the large airgap (> 3 mm) between the
rotor and motor leads to a relatively low efficiency motor. New manufacturing
methods are being investigated to reduce the motor casing which in turn will
reduce the minimum motor airgap. In addition, the motor used in this prototype
was made from solid iron which will incur high eddy current losses. Manufacturing
the stator out of laminated steel or soft magnetic composites should reduce these
eddy current losses, leading to a higher motor efficiency. These inefficiencies led
to the motor becoming hot after the device was used for a relatively short period
of time (+5 min). The motor’s open loop control system does not provide the
best performance for this motor. In many tests the device lost synchronization
due to the required torque out being larger than the torque that was supplied
by the open loop controller. A closed loop system would rectify this problem by
providing only the required torque and preventing motor stall. Because of the
application of the motor, sensorless closed loop motor control is required.
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Figure 5.22: Axial direction vibrational analysis. (a) Histogram; (b) Spectral
analysis.
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Another key area which needs to be improved in future prototypes is the man-
ufacturing. The prototype used here was produced with a combination of acrylic,
stainless steel and printed components. Manufacturing of these components from
material such as PEEK, ceramic, stainless steel and titanium could increase the
performance of the device. One area in particular that would benefit from better
manufacturing processes is the axial clearance between the rotor and the case.
Printed materials were used for the blades and the right pump extrusion on the
rotor and the tolerance of these elements was not accurate enough especially when
exposed to water.
Due to the proximity to the motor, the left casing needs to preferably be
made of a non-conducting/non-magnetic material. Printed pieces were found
to be structurally too weak and would bend and deflect after prolonged use.
This piece was then made from acrylic which performed well, but the minimum
thickness of the motor casing using this material was 1 mm. As discussed earlier,
the left casing needs to be redesigned with the potential to have a thinner motor
cover. Materials such as PEEK or ceramics could be investigated to reduce the
motor cover thickness while satisfying the desired magnetic properties.
As the device is in the prototype phase many of the pieces are designed to
separate and come apart. The key pieces typically stack in the axial direction
which can lead to variation of axial clearance after and pump has been disassem-
bled and reassembled. The axial positioning of magnetic bearings is a critical
dimension and discrepancies of 0.1 mm can drastically modify the current used
by each magnetic bearing. To overcome this, the screws that secured the mag-
netic bearings in the axial direction could be used for fine modification of their
position. Future iterations of this prototype should include a more sophisticated
method of ensuring the magnetic bearing are positioned correctly.
The in vitro results in general agreed quite well with that of the numerical sim-
ulation, however, there were some discrepancies. The first was with the numerical
model of the torque. To determine the extent of the difference and additional
experiment was conducted. While running in the MCL, the motor current of the
device was decreased until the motor stalled. This same experiment was con-
ducted with the numerical simulation. The numerical model indicated that the
motor would stall at 1.7 A under the conditions, while in vitro the motor stalled
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at 1.3 A, suggesting that the numerical model underestimates the torque deliv-
ered to the rotor. The model used to determine the torque was derived from the
validated force model. As such, no direct validation of the torque model was per-
formed. This was due to the lack of equipment needed to perform the validation.
However the force model of the motor was directly fitted and validated from the
measured values so the levitation model in the simulation is still valid.
Another discrepancy between the theoretical model and the in vitro tests was
a moment that acted on the rotor along the θx and θy axis. The hydraulic forces
determined in chapter 3 were measured while the rotor was restrained by radial
bearings. This moment is generated by the uneven pressure distribution within
the case. To account for this additional force, the axial position of two magnetic
bearings were modified (0.05 mm towards the rotor), to increase the bias force
generated by them. This technique allowed for the magnetic bearing currents to
be equal at the nominal operating point even in the presence of the moment. The
exact nature of this moment is currently being investigated with a Computational
Fluid Dynamics (CFD) study. It is theorized that the different pressure profiles
of the left and right pump volute acting on the rotor as well as the resulting
pressure distribution of the leakage path is creating this moment on the rotor.
Throughout the development of this levitation system, the focus has been on
the operation of this device as a TAH. However, the prototype of this device can
be operated as either a BiVAD or TAH. In the case of the BiVAD configuration,
the contraction of the heart can increase the axial force on the rotor considerably.
The magnitude of this force would be in the direction of the right pump as the
pressure at the centre of the left impeller would increase to the left ventricular
systolic pressure. With the current magnetic bearing design, an axial force of this
magnitude would exceed the balancing capacity of the magnetic bearings, result-
ing in a touchdown on the right side at each contraction. To overcome this, a
higher capacity magnetic bearing system would be required. Changes to the per-
manent magnet position as well as the overall bearing volume are currently being
investigated to improve the force capacity of the magnetic bearings. Alterna-
tively, the axial surface area on the step face could be utilised as a hydrodynamic
bearing which could provide a force away from the right pump when the rotor
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becomes close in a similar manner to the DuraHeart LVAS (Terumo Heart, Inc.,
Ann Arbor, MI, United States) [Nishinaka et al. (2006), Morshuis et al. (2010)].
5.6 Conclusion
This chapter outlined the development and optimisation of the magnetic levita-
tion system. An initial prototype (V1) successfully showed that the magnetic
levitation elements (motor and magnetic bearings) could be configured with a
feedback control system to provide levitation of the rotor. However the develop-
ment phase of this prototype also showed that the configuration and controller
values played a critical role in the levitation performance and power consumption.
A nonlinear optimisation algorithm was designed to determine the best values
for a number of parameters in the levitation system. The optimisation algorithm
used the mathematical model of the device and circulatory system previously
developed in this project to analytically minimise a number of cost function. The
steady state performance of the system was optimised using a nonlinear routine,
while the values of the PID controllers were calculated using linearised equations
from the full system mathematical model.
The optimised parameters and geometries of the levitation system were com-
bined with the hydraulic elements of the BiVACOR device to create a working
prototype of the total artificial heart. In vitro testing of this prototype showed
that the device was capable of providing full perfusion to the body and was suc-
cessful in demonstrating changes in the hydraulic output due to axial movement.
The change in hydraulic output due to the axial moment established the ability
of this device to achieve volume balancing using this configuration.
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Chapter 6
Physiological Control System
6.1 Introduction
Physiological control of artificial hearts and their integration into the human
circulatory system is one of the major problems still surrounding VAD and TAH
therapy. The physiological control system must operate the pump such that the
output of the device meets the physiological demand and adverse suction events
are minimised.
6.1.1 Physiological Control
In the human body, the hemodynamics of the circulatory system are controlled
by a number of different systems including; the Frank-Starling mechanism, the
Baroreceptor response, Autonomic Nervous system and the Renin-Angiotensin-
Aldosterone system, all of which were discussed previously in section 2 of this
thesis. These systems work together to attempt to maintain appropriate perfusion
and hemodynamics in any situation.
One of the most important mechanisms for the regulation of the cardiac output
is the Frank-Starling mechanism. Specifically, that an increase or decrease of the
filling pressure leads to a corresponding increase or decrease to the cardiac output.
In addition to increasing or decreasing the overall cardiac output, the Frank-
Starling mechanism balances the output of the left and right sides of the heart in
the event of asymmetrical changes to the pulmonary or systemic networks. With
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this mechanism, the flow from the left and right side of the heart will find an
equilibrium.
Ideally the physiological controller of an artificial heart would seek to repli-
cate this natural flow balancing mechanism. First generation artificial hearts
that passively fill were suggested to have a natural preload sensitivity [Sorensen
(2007)]. As the filling pressure decreases, the time taken to fill the chamber in-
creased, when run in fill-to-empty mode or the volume of the chamber was lower,
when run in constant speed mode. Some pulsatile artificial hearts used a negative
pressure to augment filling in diastole which alters the preload sensitivity of the
device [Thunberg et al. (2010)].
The output of a rotary pump does not exclusively depend on the absolute inlet
pressure (preload) or outlet pressure (afterload), but on the difference between the
two. The output of the device is also a function of the rotor speed and in the case
of the BiVACOR device, the rotor position. A centrifugal pump with a constant
rotor speed and position and with a constant afterload will have an increase of
flow for an increase of preload. However, this sensitivity is significantly lower
than the typical preload sensitivity of the natural heart. The preload sensitivity
measured by Mason et al. (2009) of the VentrAssist
TM
LVAD (Ventracor, Sydney,
Australia) was 0.22 l min−1 mm Hg−1, which is considerably lower than the preload
sensitivity of the natural ventricles which is approximately 1.75 l min−1 mm Hg−1
[Guyton & Hall (2006)]. The lower sensitivity of centrifugal pumps will typically
result in a longer period for the system to settle after a change in the system. In
the event of a significant decrease in preload, the centrifugal pump could continue
to pump at a high rate, due to its low sensitivity, potentially leading to an inlet
suction event.
To achieve a preload sensitivity, the outlet of the rotary pump must be held
constant with the change of preload. In the human body this is achieved some-
what through the compliance of the arterial network as well as the baroreceptor
response. The baroreceptor response of the body will seek to keep a constant
aortic pressure, however its effectiveness is limited as this mechanism takes a
number of seconds to react to a change in aortic pressure and will reset its value
in the event of prolonged change.
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6.1.2 Control of Rotary TAHs
In the case of LVAD, RVAD and BiVAD therapies, the natural ventricles and
valves are retained which can provide some assistance in balancing the system.
In TAH therapy the natural ventricles are removed and the device must account
for all establishing a volume equilibrium and balancing flows. Rotary pumps
have some level of preload sensitivity, however it is significantly lower than that
of the native ventricles [Salamonsen et al. (2011)]. As such, modifications to the
devices themselves as well as augmented physiological control algorithms have
been investigated to try to increase improve the balancing effect of rotary TAHs
[Frazier et al. (2010) and Khalil et al. (2008)]. The following section details some
of the proposed schemes for balancing continuous flow total artificial hearts.
The device proposed by Qian et al. (2002) features a single rotor with two
centrifugal impellers on either side. A radial magnetic bearing and motor are used
to suspend and drive to rotor. Qian et al. (2003) proposes the use of the inherent
centrifugal preload sensitivity to find a volumetric equilibrium between the two
systems. Relying on the low preload sensitivity of the centrifugal pumps means
the system may take a long time to adequately balance and find an equilibrium.
Because the left and right pumps are designed to operate at different hydraulic
outputs for the same rotational speed, any changes to the rotational speed will
have an unbalanced change to the left and right pump outputs. Without any
capacity to make relative changes to the left and right pumps the TAHs ability
to balance extreme ratios of systemic to pulmonary vascular resistances will be
restricted.
In a similar manner to the TAH described above, the continuous flow total
artificial heart (CFTAH) developed at the Cleveland Clinic (Cleveland, Ohio,
United States) has a single rotor with dual centrifugal impellers suspended by
a radial magnetic bearing and motor. One of the key difference between these
two devices is the ability of the Cleveland clinic device to modify the relative
outputs of the left and right pumps at a given rotational speed [Fukamachi et al.
(2010)]. This is achieved through axial movement of the rotor within the casing.
A movement of the rotor modifies the aperture of the right pump, which in turn
changes the hydraulic output of the pump. The difference of inlet pressures
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acting on the rotor creates a net force on the rotor moving it towards the left
side (PL,in < PR,in) or towards the right side (PL,in > PR,in). Movement towards
the right side will decrease the aperture of the right pump which will reduce the
right pump output, reducing the high left inlet pressure (PL,in). This system is
completely sensorless and passive, relying only on the pressure difference between
the left and right inlets acting on the rotor.
The performance of the device was evaluated through in vitro [Fukamachi
et al. (2010)] and in vivo [Fumoto et al. (2010)] studies. The in vivo results
demonstrated the device’s ability to produce flows up to 11.5 l min−1. In the
same in vivo trials, the automatic controller was successful in balancing a range
of SVR values from 550 to 1800 dyn s cm−5 and PVR values between 100 to
500 dyn s cm−5. The authors note that in some extreme ratios of SVR to RVP
high pump speeds intermittent or partial suction was observed. One method of
overcoming this situation was a reduction of the mean rotor speed. The results
from both the in vitro and in vivo trials demonstrated that relative changes to
the left and right pump assisted in the balancing of the left and right systems,
reducing the risk of large disparities between the atrial pressures.
In addition to single device rotary TAHs, there has been interest in using two
independent rotary LVADs as a TAH. This work was pioneered by Dr Frazier, Dr
Cohn and their team at the Texas Heart Institute (St. Lukes Episcopal Hospital,
Houston, Texas, United States). Their study used a number of in vivo Ovine and
Bovine models to demonstrate the effectiveness of the dual LVAD configurations
as well as determine effective strategies for balancing the two independent pumps.
Their first study used two Heartmate III centrifugal LVADs (Thoratec Cor-
poration, Pleasanton, California, United States) [Frazier et al. (2005)]. To assist
in the balancing of the system an interatrial septal window was created to ensure
that any significant difference between the left and right atrium could be resolved
with flow through the window. In this initial study, the right pump speed was
increased from 2, 000 to 4, 500 rpm in 500 rpm steps while the left pump was held
constant at 4, 500 rpm. At low speeds the shunt flow through the interatrial win-
dow was from the right to left. However at right pump speeds exceeding 3, 000
the shunt flow became bidirectional. This study demonstrated the importance
of determining the correct left and right pump operating points, as even a small
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change can significantly influence the volume equilibrium between the pulmonary
and system systems.
In the follow up study, two Jarvik 2000 axial flow LVADs (Jarvik Heart,
Inc., New York, New York, United States) were implanted in a Bovine model
[Frazier et al. (2006)]. Unlike the previous in vivo trial, no interatrial septal
window was created. In this study the right pump speed was manually set and
the natural preload sensitivity of the devices was used to balance the systems.
The SVR and PVR were monitored closely and controlled pharmacologically.
The researchers did observe some left pump inlet suction, however this may have
been due to the fitting of the devices. This study showed that the inherent
sensitivity of rotary devices could lend itself to volume balancing in a TAH.
Although successful, significant improvement to balancing could be achieved with
a more active controller.
In the third in vivo study, two Heartmate II axial flow LVADs (Thoratec
Corporation, Pleasanton, California, United States) were implanted as a TAH in
Bovine model [Frazier et al. (2009)]. Unlike the previous studies where the left-
right balance have been achieved through interatrial septal windows and passive
flow balancing, this study used a simple manual algorithm to adjust the pump
speeds. The goal of this control was to maintain a right atrial pressure between 5
and 15 mm Hg. The left pump was set such that the Aortic pressure was between
80 and 95 mm Hg, while alterations of the postoperative flow was achieved through
changes to the right pump. This demonstrated the interdependence of the two
pumps in series, as an increase in one pump flow would result in an increase
in the other. The use of pharmacologically intervention to help stabilise the
pressures and resistances was used throughout the postoperative period. Without
pharmacological intervention the ratios of SVR and PVR may more extreme than
was observed during the in vivo study.
Throughout their in vivo, Dr Frazier and his team continued to show that
independent control of two pumps can successfully balance a TAH system. How-
ever, in the case of the BiVACOR device, the left and right pumps, do not have
the same level of independence as the dual device setup. Due to the unique design
of the BiVACOR device, the speeds of both impellers are inherently linked. In a
case where pulmonary hypertension requires an increase to the right pump output
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power, increasing the rotor speed will inherently increase left pump output power
as well. To overcome this, the rotor can be moved from the left to right to vary
the output of each pump. By varying both the speed and the rotor position, the
pump outputs can be varied with some degree of independence. This variation
of relative pump output through rotor position will play a key role in the design
of a physiological controller for the BiVACOR device.
Changes to the circulatory system, such as pulmonary or systemic hyper-
tension, can cause the left and right pumps of the artificial heart to produce
unbalanced flow and in some circumstances can lead to an inlet suction event.
Over-perfusion by either the left or right pump can cause the relative inlet pres-
sures to drop to a low level and in extreme cases can lead to the inlet pressures
of the pump becoming very low or negative, potentially resulting in vascular col-
lapse around the pump inlet. These suction events are critical for TAHs as they
can result in a reduced flow situation or even a complete stoppage of perfusion.
Additionally, movement of the tissue to occlude the pump inlet could damage the
tissue or place unwanted stress on the device-tissue interface. The physiological
controller that is discussed in this chapter seeks to automatically vary the rotor
position and speed to reduce the chance of an inlet suction event from occurring
and to help improve the volume balancing of the system.
This chapter will present an outline of the physiological controller which was
developed with the numerical simulation from chapter 4. The controller was inte-
grated into the prototype of the BiVACOR device that was described in chapter
5 of this report. The device was placed in the Mock Circulation Loop (MCL) to
determine the in vitro performance of the physiological controller.
6.2 Controller Development
The controller was developed and initially tested using the numerical simulation
outlined in chapter 4 of this thesis. Using the numerical simulation in the devel-
opment and testing phase significantly reduced the overall time of the controller
development process. Work on the physiological controller could begin with the
numerical simulation well before the working prototype of the BiVACOR device
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had been completed. Using the numerical simulation also reduced the reliance
on the MCL which is used in a number of different research projects.
A number of different physiological controllers were tested in the numerical
simulation before the final controller design was determined. One of the most
critical elements of the physiological controller is its feedback mechanism. Feed-
back to the controller can be via one or more discrete sensors, such as pressure,
flow or volume, or can be determined from intrinsic device parameters such as
motor power, or magnetic bearing current.
For the BiVACOR device the feedback signal that was used was inlet pressure
sensors. Although long term reliable implantable pressure sensors are currently
not available on the market, it is a field that is receiving a lot of attention recently
due to the wide range of applications. Although cheap semiconductor strain
gauges continue to struggle to provide reliable pressure measurements over a long
period of time [Fritz et al. (2010)], optic fibre technology has the potential to offer
lower levels of drift over long periods [Silvestri & Schena (2011)]. Publications by
Stone et al. (2010) and Tan et al. (2009) indicate that this technology is reaching
maturity.
Although the physiological control system proposed in this project relies on
pressure sensor technology, the direction of the industry indicates that appropri-
ate sensors could be available in the near future. However, withstanding the fact
that the pressure sensors are currently unavailable, this physiological controller
can demonstrate that changes to the device’s operating point could provide vol-
ume and flow balancing as well as suction prevention. Additionally the use of
a differential pressure sensor could be used in part of the controller, potentially
reducing the sensitivity to absolute drift. Future developments of the physiolog-
ical controller will investigate the use of sensorless feedback signals in this type
of control strategy.
6.3 Controller Outline
The controller proposed for the BiVACOR device is based on the pressure differ-
ence between the left and right pump inlets. The pump inlet pressures are very
indicative of the changes to the circulatory system. For example an increase of
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pulmonary vascular resistance (PVR) will cause an increase to the right pump in-
let pressure while the left inlet pressure will decrease, giving a clear inlet pressure
difference.
These changes to the inlet pressures can occur due to a number of different
events, many of which can occur over differing time scales. For example chronic
pulmonary or systemic hypertension can change over hours, days or months, while
a pulmonary embolism can increase the pulmonary resistance very quickly and if
severe enough can cause the left pump inlet to suckdown. Additionally, variation
of the inlet pressures due to postural changes and nervous responses can occur
almost instantly. To accommodate these different scenarios the physiological
controller is divided into three sections, namely
• Long-term controller (LTC)
• Short-term controller (STC)
• Critical event controller (CEC)
The proposed physiological controller is shown in figure 6.1. The following
sections will describe each of the three controller elements that make up the
physiological controller.
6.3.1 Long-term Controller
The long-term controller is designed to change the operating axial position of the
pump due to slow or long term changes of the circulatory system. These changes
to either the systemic or pulmonary system can occur over minutes, hours or days.
A very low frequency (< 1× 10−2 Hz) low pass filter is used to isolate the steady
state difference between the left and right inlet pressures. A PID controller uses
this low frequency pressure difference information to move the rotor appropriately
to restore the desired inlet pressure difference. A higher left pump inlet pressure
will cause a movement of the rotor to the left and vice-versa.
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6.3.2 Short-term Controller
The short-term controller is designed to respond to acute events such as postural
changes, vascular resistance changes, nervous response or other sudden changes
to the system. Changes in a patient’s posture can rapidly change the pressure
distribution throughout the circulatory system. In particular the pressure in the
right atrium can change significantly due to its juxtaposition to the systemic ve-
nous system where a majority of the blood is located. In the case of a sudden
increase of pulmonary vascular resistance (through a nervous response or pul-
monary embolism), can cause an increase in afterload of the right heart whilst
the left heart preload decreases due to the decrease in venous return.
The short-term controller works rapidly to help balance large discrepancies
between the pulmonary and systemic system. This facet of the physiological
controller is designed to work in conjunction with the long-term controller, with
the long-term controller providing the steady state positional change while the
short-term controller provides immediate relief with quick and significant changes
to the rotor position.
A low pass filter (≈ 10 Hz) is applied to the inlet pressure difference signal
to remove any noise. The long-term pressure signal, as described above, is then
subtracted from this smoothed signal, leaving only the changing transient pres-
sure difference. A deadzone (approximately ± 1 mm Hg) is created around the
origin to prevent the short-term controller from operating except under signif-
icant transient pressure difference changes. A high gain PID controller is then
used to change the rotor position in response to this signal.
6.3.3 Critical Event Controller
This controller is designed to respond to extreme conditions such as a suction
event. As the BiVACOR device relies on the movement of the rotor to provide a
variation of the left and right pumps, there is only a finite ratio of SVR and PVR
which can be accommodated. An extreme imbalance of the SVR and PVR will
result in a suction event even with the maximum rotor movement. Additionally,
there may be transient events, such as very quick postural changes which can
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momentarily reduce the inlet pressure of the pump to a critical level to which a
suction event can occur.
The critical event controller uses an absolute measurement of the pump inlet
pressure to determine if the pressure has decreased past a critical level and a
suction event may occur. To prevent the suction event from occurring the critical
event controller temporarily decreases the pump speed by 700 rpm from the set
speed, until the inlet pressure has been restored to a safe level. A hysteretic step
function is used to reduce the instance of chattering when the pump is operating
at the critical pressure level. In addition to the pump speed reduction the critical
event controller will also alert the relevant medical personal to the event through
an audible and visual alarm. The values of the critical levels can be different for
the left and right pump and can be set by a trained technician or clinician.
6.4 In Vitro Testing
As the controller was initially designed using the numerical simulation, it was
important to determine its performance when running in an in vitro environment.
6.4.1 Methods
To evaluate the performance of the physiological controller, a number of in vitro
tests were carried out. These tests were conducted with the Prototype V2 device
placed in the Mock Circulation Loop. The setup of the device and MCL was
similar to the experiments described in section 5.4.3 of this report. The MCL
was filled with a 38% Glycerol / 62% water mixture (by weight) to simulate the
viscosity of blood and the device was cannulated in the ventricles with no residual
heart function.
Due to the large number of inputs and outputs required to run both the
BiVACOR prototype and MCL simultaneously, two dSPACE platforms were
utilised, one for the mock circulation loop (DS1103, dSPACE GmbH, Paderborn,
Germany) and another for the magnetic suspension system (DS1104, dSPACE
GmbH, Paderborn, Germany). The physiological controller was implemented on
the magnetic suspension platform. The inlet pressures were measured and the
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physiological controller determined the target position and rotor speed which
were then passed to the magnetic bearing controller.
Three tests were carried out, each designed to test a different aspect of the
physiological controller. Each test was carried out twice, once with the relevant
controller enabled and the second time with it disabled. Comparison between
the two cases will isolate the effect of the physiological controller. Without loss
of generality, the tests used an increase of pulmonary resistance to change the
preload of the left pump. Initially each test used the same MCL and pump
parameters, as described in table 6.1, after which the pulmonary resistance was
changed as per the amount described below.
Parameter Value
Pump Speed 2600 rpm
Pump position 0 mm
Aortic Pressure 100 mm Hg
Pulmonary Pressure 16 mm Hg
Right pump flow 5 l min−1
Pump Inlet Pressures 4 mm Hg
Table 6.1: Parameters of the pump and MCL at the start of each test.
Long-term Controller Test
The long-term controller test was designed to determine the controller response to
slow changes to the body hemodynamics. The pulmonary resistance was increased
slowly such that the change of inlet pressures would not trigger the short-term
controller response. In this test the pulmonary resistance was increased from
160 dyn s cm−5 to 220 dyn s cm−5.
Short-term Controller Test
Like the long-term tests, in the short-term controller test the pulmonary resis-
tance was increased, however in this test the change occurs quickly, simulating
an event such as a pulmonary embolism. The response of the controller will in-
clude both the long-term and short-term responses. In this test the pulmonary
resistance was increased from 160 dyn s cm−5 to 360 dyn s cm−5.
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Critical event test
In this test the pulmonary resistance was increased quickly from 160 dyn s cm−5 to
400 dyn s cm−5. The level of pulmonary resistance increase is significant enough
to trigger to critical event response from the physiological controller.
6.4.2 Results
Due to the large amount of data produced by these tests, additional results have
been placed in appendix E of this thesis. Key results will be presented in the
chapter below.
6.4.2.1 Long-term controller tests results
Figure 6.2 and E.1 show the pump and hemodynamic response to the slowly in-
creasing pulmonary vascular resistance. In both figures, the plots on the left show
the response with no controller, while the plots on the right show the response
when the long-term controller is enabled.
Figure 6.2 shows the feedback signals and the pumps response due to long-
term changes of the pulmonary resistance. Figure 6.2a and E.1a show the left and
right pump inlet pressures which are used as the feedback parameter of the phys-
iological controller. The increase of pulmonary resistance due to the pulmonary
hypertension causes the inlet pressure of the right pump in increase while the
right inlet pressure decreases. This difference of inlet pressures is detected by
the controller which in response moved the rotor towards the right as shown in
figure 6.2d. Figure 6.2f shows that the rotational speed was kept constant, as the
long-term controller does not modify the speed of the device.
In the case of the long-term controller the pulmonary hypertension did not
result in a suction event even without a controller. However the no controller
case demonstrates the effect that changes PVR and SVR can have on the system,
with the inlet pressures remaining divergent under steady state conditions.
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Figure 6.2: Response of the physiological controller to pulmonary hypertension.
Inlet pressures, (a) no controller, (b) LTC enabled; Rotor position, (c) no con-
troller, (d) LTC enabled; Rotational Speed, (e) no controller, (f) LTC enabled.
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6.4.2.2 Short-term controller tests results
Figure 6.3 and E.2 show the pump and hemodynamic response to the rapidly
developing pulmonary hypertension. In both figures, the plots on the left show
the response with only the long-term controller, while the plots on the right show
the response when the short-term and long-term controller is enabled.
This test shows a much more dramatic scenario with a significant increase of
PVR occurring over a short period of time. In figure 6.3a the two inlet pressures
are shown to diverge rapidly with the onset of the sudden PVR increase. As
this occurs the long-term controller detects the change and begins to move the
rotor slowly towards the right pump side as seen in figure 6.3c. However, as the
long-term controller has a very low frequency filter and low gains, the movement
is not sufficient to prevent the inlet of the left pump becoming very low causing
a potential suction event.
With the short-term controller enabled, this quick change in inlet pressures
can be counteracted by a rapid movement of the rotor. Figure 6.3d demonstrates
that as soon as the inlet pressure difference has exceeded the controller dead-zone
(in this test set to 1 mm Hg) the rotor is moved to the extreme right side to prevent
any potential suction events. The system responds to this rotor movement and the
inlet pressures are stabilised as seen in figure 6.3b. As the inlet pressures begin to
converge the short-term controller attempts to move the rotor back towards the
left pump side. However whenever this occurs the inlet pressures diverge again
and the rotor is moved back to the extreme right pump side. This is manifested
in figure 6.3d as the chattering observed on the rotor position plot. Eventually
the long-term controller signal increases all the way to the right pump side due
to the long-term difference in the inlet pressures essentially relieving the short-
term controller of its control over the rotor position. Even with the short-term
controller activated the speed of the device does not change.
In this situation the long-term controller was unable to respond quickly enough
to move the rotor into the correct position resulting in a potential suction event.
Conversely, the short-term controller was successful in rapidly moving the right
side and overcoming the elevated PVR.
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Figure 6.3: Response of the physiological controller to pulmonary hypertension.
Inlet pressures, (a) LTC enabled, (b) LTC and STC enabled; Rotor position, (c)
LTC enabled, (d) LTC and STC enabled; Rotational Speed, (e) LTC enabled, (f)
LTC and STC enabled.
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6.4.2.3 Critical controller tests results
Figure 6.4 and E.3 show the pump and hemodynamic response to a very large
increase in pulmonary resistance. In both figures, the plots on the left show
the response with the long-term and short-term controllers, while the plots on
the right show the response with the short-term, long-term and critical event
controller enabled.
In some cases, the movement of the rotor to the extreme position is insufficient
to balance the pulmonary and systemic systems. This scenario is demonstrated in
figure 6.4a where the short-term controller moves the rotor to the extreme right
pump position at the onset of hypertension, however this action was unable to
prevent the left pump inlet pressure becoming critically low. Neither the short-
term or long-term controllers vary the speed of the pumps and as such, are unable
to prevent suction events from occurring in cases such as these.
The scenario with all the controllers (including critical event controller) en-
abled begins similarly to the case with just the long-term and short-term enabled.
Initially figure 6.4b and 6.4d shows the pump inlet pressures diverging and the
short-term controller attempting to overcome the PVR increase by moving the
rotor to the extreme right side. This movement did not prevent the left inlet
from continuing to decrease and at approximately 30 sec the critical even con-
troller reduces the speed of the device by 700 rpm (figure 6.4f). This reduction
of speed prevents the left pump inlet pressure from becoming negative and the
inlet pressures reach a divergent steady state. The critical event controller has as
hysteretic property to it, to prevent the speed from oscillating up and down as
inlet pressure crosses the critical pressure level.
6.5 Discussion
The BiVACOR device presents a number of unique challenges for physiological
control. Due to its novel design, balancing of the device must be achieved through
the axial movement of the rotor and variation of the motor speed. Initial inves-
tigation into a possible physiological controller for this novel device came from
observation of the natural heart as well as the TAH without a controller.
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Figure 6.4: Response of the physiological controller to pulmonary hypertension.
Inlet pressures, (a) LTC and STC enabled, (b) LTC, STC and CEC enabled;
Rotor position, (c) LTC and STC enabled, (d) LTC, STC and CEC enabled;
Rotational Speed, (e) LTC and STC enabled, (f) LTC, STC and CEC enabled.
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The Frank-Starling mechanism is the primary mechanism for the balancing
of the heart output. Its effect can be broken down into two main parts, namely,
flow balancing and changing the overall cardiac output. Both these effects could
easily be seen in simple numerical simulations of physiological events in a healthy
human (the preload sensitivity is much higher in the numerical simulation than
the MCL). When the natural heart is replaced completely by two rotary pumps,
the most observable change was the reduction of the flow balancing mechanism.
Atrial pressures would change significantly with small perturbations of either
the systemic or pulmonary system and suction events were common with larger
changes. This observation was the motivation for primarily focusing on vol-
ume/flow balancing for the physiological controller.
A current limitation of the proposed physiological controller is the lack of
speed changes to increase or decrease the overall output in response to a non-
critical physiological change. However most of the rotary blood pumps that are
commercially available run on a constant speed mode which can be adjusted by
an operator. As such, for this controller to be viable in its current state, it must
be assumed that the clinician or operator of the device could set the rotational
speed to an appropriate level. However, the proposed physiological controller
does play a key role in the change of rotational speed. With a change of speed
comes a change of operating points for both the left and right pumps. As these
two centrifugal pumps were designed with different target operating points the
relative change of both their outputs for the same change of speed is never the
same. As such for an increase of speed the left pump may produce too much
output in comparison to the right pump. In this scenario the rotor might be
required to move towards the right side to compensate for the speed change. If the
change in speed causes a disparity between the two systems then the physiological
controller will move the rotor to a new operating point to compensate.
Initial attempts to design a physiological controller were based around the
single controller concept. However it was clear a single set of controller gains
could not respond appropriately to the many different physiological scenarios of
which all occurred over different time spans. The multi-controller design sought
to resolve this problem by designing different controllers for different types of
events. This approach allows for high controller sensitivity when required, but
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does not over compensate and become unstable for small changes. Tuning of
this system would be best achieved using an animal model due to the complex
feedback mechanisms that are present in a body.
Selection of the feedback variable is a very critical step in designing a physi-
ological controller. The feedback variable must give relevant information regard-
ing the physiological condition, but should not be sensitive to false positives and
other influences. In this project a number of feedback variables were looked at
including, flow, motor and magnetic bearing power and pressure.
In the initial stages of development it was concluded that measurable pressure
would be the most reliable and accurate indicator for preload allowing for focus
on the controller algorithm itself and not the feedback signals. The use of pressure
sensors in this project is an obvious drawback to its viability as an immediate
commercial system, as long-term implantable pressure sensors are currently not
commercially available. However, the rapid improvement and refinement of the
pressure sensor technology should make this type of controller viable in the future.
The short-term and long-term elements of the physiological controller rely
on a pressure difference between the two inlet and not an absolute pressure.
Measurement of the differential pressure could reduce the sensitivity to drift.
However the critical event controller utilises the absolute pressure to determine
if a suction event is imminent. The use of more than three pressure sensors (> 1
absolute pressure and 1 pressure difference) could reduce the sensitivity of the
two measurements to sensor drift by over observing the system.
Now that the concept of the multiple response controller has been investi-
gated, variation of the feedback variable can also be addressed. Indirect inference
of the preload difference through the motor and magnetic bearing signals could
be a viable option for the removal of the pressure sensor from the system. Appli-
cation of this controller structure to new feedback variables could provide a viable
sensorless physiological controller for this device. Initial investigation into this
technique determined that changes of preload could be detected from magnetic
bearing currents. However the technique was also sensitive to a number of other
parameters including device orientation and operating fluid viscosity.
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6.6 Conclusion
This chapter outlined and tested a novel physiological controller for the TAH. The
controller was initially designed and tested with the numerical simulation tool
that was previously developed. In this testing phase different feedback variables
were explored to determine the most appropriate one for volume/flow balancing
between the left and right pumps. It was determined that the inlet pressures
or preloads of the two pumps were very good indicators in a similar way to the
natural heart’s Frank-Starling mechanism.
To appropriately respond to a wide range of physiological conditions the con-
troller was divided into three sub controllers, namely the long-term controller, the
short-term controller and the critical event controller. Each of these controllers
was designed to respond to a different type of physiological event. Together the
controllers are able to respond appropriately to a very wide range of physiological
conditions. While the long-term and short-term controllers focus on restoring a
balance of the inlet pressures through the movement of the rotor, the critical event
controller works by reducing the pump speed to prevent any imminent suction
events.
In vitro testing of this controller was achieved using the levitated prototype
and the mock circulation loop. These tests revealed how under different physio-
logical scenarios each of the controllers could potentially restore a balance between
the left and right pumps and prevent potential inlet suction events, ensuring flow
from the devices was not disrupted by suction events.
Although this controller focused on volume/flow balancing and requires im-
plantable pressures sensors it demonstrates a potential control scheme for this
type of novel device and demonstrates that balancing is possible with this novel
rotor design. Further work will investigate the use of sensorsless techniques to
determine changes to the preload, as well as the inclusion of a mechanism that
can assist in the overall flow change of the device.
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Conclusions and Future Work
7.1 Conclusion
This project had two specific aims; to develop and integrate a levitation system
into the novel TAH device and to design a physiological controller for the same
device. These aims were achieved through the development of a prototype device
which featured an optimised levitation system. A physiological control system
was designed using a numerical simulation and then tested on the prototype
device in a mock circulation loop.
7.1.1 Analysis and Modelling of Pump Dynamics
The magnitude and nature of the forces and dynamics within the devices was
determined through a number of experiments. These experimental investigations
were coupled with detailed analytical analysis of the system to reveal an accurate
model of the system. Key elements of the pump such as leakage flow, axial
hydraulic force, fluid damping, magnetic bearing force and motor force and torque
were all analysed in detail to build up a complete mathematical model of the axial
forces acting on the rotor.
7.1.2 Development of a Numerical Model
An accurate model of the device and the circulatory system was developed for
the optimisation of the levitation system. Additionally, the development of the
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numerical model assisted in the design of the physiological controller. Initially
a model of the circulatory system was developed and implemented. This model
utilised many advanced elements such as dynamic valves, multi element vascular
models and nonlinear systolic and diastolic relationships. The healthy case pa-
rameters used in this model were determined from an optimisation process which
produced results very close to the target hemodynamics. This model was then
modified to represent a heart failure scenario. The mathematical model of the
pump was combined with the circulatory model to produce a complete system
with the pump configured as a TAH.
7.1.3 Magnetic levitation System and Prototype Perfor-
mance
An initial prototype was constructed to test the basic concept of the magnetic
levitation system. This prototype showed that levitation of the rotor was pos-
sible with this configuration, but also indicated that further optimisation would
be required. An analytical optimisation algorithm was used to determine the
best device configuration and controller values to optimise the steady state and
dynamic performance of the levitation system. This optimised levitation system
was then combined with the pump hydraulic components in the prototype V2.
This devices was subjected to in vitro testing in the mock circulatory loop. This
device performed well with an axial movement of +/− 0.25 mm. The device could
support normal hemodynamics as well as elevated flows of up to 6.9 l min−1. The
results of the prototype in vitro matched the numerical simulation of the device
under the same conditions.
7.1.4 Physiological Control System
A physiological control system was designed to provide a method for automated
flow balancing between the left and right pumps. The controller was based around
preload changes to the two pumps. Pressure sensors were used to detect differ-
ences between the left and right inlet pressures and move the rotor to an appro-
priate new position. This controller was initially designed using the numerical
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simulation and then tested using the prototype V2 device and the mock circula-
tion loop. The controller performed well and was able to prevent critical events
such as suction events from occurring. However the physiological controller does
not modify the overall output of the pump in response to an increase of physio-
logical need.
The successful design, optimization and operation of the magnetic levitation
system and hydraulic system together in the Prototype V2, represents a milestone
in the development of this TAH. The proposed physiological controller demon-
strates that this novel TAH design has the capacity to balance and adapt to
changes of the physiological system. The device has the potential to be smaller
than the current clinically available devices and offers long term durability due
to the active magnetic bearing system.
7.2 Future Work
The potential of the BiVACOR device as both a TAH and a BiVAD is signifi-
cant. The BiVACOR program is currently growing and further progress is already
planned. Throughout this project there have been a number of observations and
results which prompt further investigation, analysis and development. Some of
the key areas of future work from this project are listed below.
7.2.1 Device Model
• A Computational Fluid Dynamics (CFD) investigation into the pressure
distributions and flow through the device would give a better insight into
how the hydraulic forces are generated in the device. This would also iden-
tify areas of possible blood stagnation and high shear forces which would
be detrimental to the biocompatibility of the device.
• In addition to the CFD study, an experimental investigation into the pres-
sures distributions in the pump could be beneficial in the validation of the
numerical model. Modification to the casings could be made to measure
the pressure a particular critical points, such as at the corner of the step
face or around the journal bearing diameter.
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• The motor torque should be measured with the appropriate sensor to vali-
date that components of the motor model. This would make the numerical
simulation more accurate and give a better indication of the efficiency of
the motor.
7.2.2 Numerical Simulation
There are a number of additions to the circulatory model including;
• Validation of the numerical simulation against human hemodynamic wave-
forms should be performed. The healthy numerical model was optimised
and validated against an ideal set of hemodynamic parameters. With ac-
cess to waveform data, a more accurate validation of the circulatory system
could be performed.
• Volume dependent inertiance and resistance would increase the model’s
accuracy, especially in the heart, aorta and pulmonary artery. The fluid
dynamics around the heart, aorta and pulmonary artery are incredibly com-
plex due to the moving vessel walls. Unfortunately, adding complexity to
the numerical model in these areas requires very sophisticated modelling
techniques and more critically, accurate data in which to base and validate
the models on.
• Currently the numerical model does not have any internal physiological
feedback mechanisms, such as the Baroreflex response. Models for these
systems have been proposed in literature and it should be simple to add
them to the model. The addition of these elements would be critical if fur-
ther in depth physiological control was to be completed with the numerical
model.
• Although interventricular interaction is a very complex dynamic, its effects
could be significant especially in the BiVAD Heart failure case. Changes
to the left or right pump will inevitable change the position of the septal
wall and consequently the heart contraction dynamic. Development of this
model would revolve around getting accurate data from the heart.
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• It was identified previously, that the torque model of the motor should be
validated against experimental data. This would give a better model of
the torque and motor efficiency and improve the accuracy of the numerical
model.
• Develop a more accurate model of the cannula. In the numerical model
presented cannula compliance was neglected and inertia of the cannula as
based on ideal flow. In this study these dynamic parameters were not so
critical, however in a BiVAD case with high pulsatility and flow changes
these parameters become more important. Development of either a lumped
parameter or distributed parameter model could also assist in the theoretical
analysis and evaluation of cannula design and in the understanding of the
interaction of these devices with the body.
• Currently the hydraulic output of the device is driven purely from the HQ
curves of the pump. These curves are determined from the steady state sys-
tem and do not encapsulate any dynamic effects of the pump. A number of
authors have stated that fluid inertaince within the pump is not important
for numerical simulations of these systems, however further investigation
should be performed to determine if these dynamic effects are significant or
not.
• The numerical model was ever evolving throughout this project. Because of
this, very little effort was made to make the software user friendly to other
researchers. The numerical simulation was always intended to be used by
a number of different researches for a different projects. A user interface
should completed to make this powerful tool more accessible to other users.
7.2.3 Prototype and Magnetic Levitation System
Although the device worked well as an initial prototype there is a a lot of further
development needed to get the device ready for its next stage of development and
on to in vivo testing.
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• The motor in this prototype was clearly the weakness of the levitation sys-
tem. Making the motor a closed loop system would significantly decrease
the motor’s susceptibility to stall and increase the control over the magnetic
forces. Other techniques such as reducing eddy current losses and optimis-
ing the geometry would make the most significant difference to the device’s
overall power consumption.
• The magnetic bearing geometry and design have large potential for im-
provement. Increasing the flux cancelling capacity and force to current
stiffness (N/A) could have a drastic effect on the levitation system’s capac-
ity to overcome disturbances and will reduce the power consumption of the
device.
• The hydraulic performance of the device should be optimised such that the
required hydraulic change for an axial rotor movement is achieved. This
study would involve the interaction of the hydraulic and levitation systems.
Additionally the hydraulic performance of the left pump must be reduce in
comparison to the right pump.
• The prototype that was manufactured in this project was very much in the
development phase and this was reflected in its construction. To improve
the performance of the device materials such as PEEK, stainless steel and
titanium should be used in conjunction with higher tolerance manufacturing
techniques. More consideration should be put into the assembly and fitting
of the pieces to ensure the axial gap between the rotor and the case is main-
tained even when the device is disassembled and reassembled throughout
testing.
• The step face area has a large effect on the axial hydraulic forces on the
rotor. This space could be optimised using a hydrodynamic bearing which
could assist the magnetic bearings in the case where the axial force exceeds
the magnetic bearing capacity.
• The journal bearing was shown to be stable around the operating point of
the device, however optimisation of the bearing would assist in startup and
extreme conditions.
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• The hemolysis of this device should be evaluated. Although difficult to
evaluate, the effect of the journal bearing and step face region on the overall
pump hemolysis would be significant not only for this project, but for all
blood pumps utilising hydrodynamic bearings.
7.2.4 Physiological Controller
• The use of pressure sensors in the physiological controller will need to be
addressed if this scheme is to be viable. Investigations into the current
state of pressures sensors could determine if the use of implantable sensors
is a viable option for the long term device. Additionally, investigations
into sensorless or inferred measurements of the preload should be made to
determine if alternative type of feedback could be a viable option for this
controller.
• The control scheme that was designed was based primarily around the bal-
ancing of the left and right flows. Further investigation should be made
into the change of overall flow in response to changes to the physiological
demand.
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Appendix A
Fluid flow through an annulus
This appendix provides background to the fluid flow properties through an an-
nulus shaped region. This provides supplementary information to some results
presented in chapter 2 of this document. As such, the design of the annulus area
is chosen to reflect the particular geometry, however is presented without loss of
generality. Figure A.1 shows the cross-sectional profile of the fluid flow region
that is under investigation.
Fluid Flow Region
Rout
Rin
Figure A.1: Cross-sectional profile of the annulus shaped fluid flow region.
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A.1 Reynolds Number
A.1 Reynolds Number
To determine if the fluid exhibits laminar or turbulent flow. Flow with a Reynolds
number less than 2000 will produce laminar flow Finnemore & Franzini (2002).
With laminar flow the resistance to fluid flow is independent of pipe wall rough-
ness. Reynolds numbers exceeding 4000 indicate that the flow is likely turbulent
and the surface roughness of the conduit plays a critical role in the flow. Ex-
perimental data has shown that flows with Reynolds numbers between these
two thresholds cycled erratically between laminar and turbulent regimes Parker
(1988).
Re =
ρ$LCLD
η
(A.1)
Where LCLD is characteristic linear dimension. The characteristic linear dimen-
sion is dependent on the application and can vary from the length of the fluid
path to the hydraulic diameter. In the case of fluid flow through an conduit it is
equal to the hydraulic diameter.
Re =
ρ$DH
η
(A.2)
A.1.1 Hydraulic Diameter
Flow through non-circular channels can be analysed in a similar way to circular
pipes by utilising the hydraulic diameter. The equivalent hydraulic diameter for
an arbitrary channel profile can be determined using equation A.3.
DH =
4AH
PH
(A.3)
Where AH is the cross-sectional area of the fluid flow region and PH is the wetted
perimeter of the cross-sectional fluid flow region. In the case of a annulus shaped
fluid flow region .
DH =
4 · pi
((
Dout
2
)2 − (Din
2
)2)
pi (Dout +Din)
(A.4)
=
pi (D2out −D2in)
pi (Dout +Din)
(A.5)
DH = Dout −Din (A.6)
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A.1.2 Reynolds Number for fluid flow through an annulus
We can determine the Reynolds number for fluid flow in an annulus shaped con-
duit by substituting equation A.6 into equation A.2.
Re =
ρ$DH
η
=
ρ$ (Dout −Din)
η
(A.7)
In this document, fluid flow is stated in terms of its volumetric flow value and
is represented by the variables Q or s which have the units l min−1 and m3 s−1
respectively. A conversion factor, αq, is used to convert between these two forms
of volumetric flow, Q = sαq.
Conversion between fluid velocity and volumetric flow is given by equation
A.8. Where θ is the angle between the flow direction and the plane of interest. In
the case presented here it is assumed that the flow is approximately perpendicular
to the plane (θ ≈ 0o).
s = A$ cos (θ) (A.8)
s ≈ A$
$ ≈ s
A
$ ≈ Q
Aαq
(A.9)
In the case of the annular shaped conduit equation A.9 becomes
$ =
s
pi (r2out − r2in)
$ =
Q
piαq (r2out − r2in)
(A.10)
Substituting equation A.10 into equation A.7 gives
Re =
ρQ (Dout −Din)
ηpiαq (r2out − r2in)
Re =
2ρQ
ηpiαq (rout + rin)
(A.11)
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A.1.2.1 Reynolds Number for flow through the BiVACOR pump
Of particular interest is the flow of fluid between the LVAD and RVAD impellers
on either side of the common rotor. The fluid path is shown in figure 3.1 which
also highlights the two regions of interest, vis. the LVAD journal bearing section
and the RVAD sleeve section. The parameter values for these sections are shown
in table B.1.
The Reynolds number is dependent on the fluid velocity or flow through the
section. To determine the maximum Reynolds number that could occur under
normal operating conditions, a maximum flow of Q = 1 l min−1 will be assumed.
For the LVAD Journal Bearing section
Re =
2 · 1050 · 1
3.3× 10−3pi60× 103 (25.1× 10−3 + 25× 10−3)
Re = 67.4 (A.12)
For the RVAD sleeve section
Re =
2 · 1050 · 1
3.3× 10−3pi60× 103 (13.2× 10−3 + 13× 10−3)
Re = 128.9 (A.13)
Both of these maximum Reynolds numbers are well below the threshold for tur-
bulent flow.
A.1.3 Darcy Friction Factor
The friction factor is a dimensionless quantity that describes the friction losses
associated with fluid flow. In particular it is used in conjunction with the Darcy-
Weisbach Equation to determine the pressure drop from fluid flowing along a
path. The form of the equation changes depending on the laminar or turbulent
nature of the fluid flow. For both laminar and turbulent flow the friction factor is
dependent on the Reynolds Number. For laminar flow the friction factor is given
as
λ =
64
Re
(A.14)
271
A.2 Darcy-Weisbach Equation
For turbulent flow the friction factor is given as
1√
λ
= −2 log10
(
ε0.27
Dh
+
2.51
Re
√
λ
)
(A.15)
The turbulent flow model of the friction factor is not a closed equation and must
be solved iteratively.
A.1.3.1 Friction Factor for laminar flow through an annulus
It has been established previously that certain flow conditions through an annulus
shaped flow region can result in laminar flow. The friction factor for these laminar
cases can be determined by substituting equation A.11 into A.14.
λ =
64
Re
=
64ηpiαq (rout + rin)
2ρQ
(A.16)
A.2 Darcy-Weisbach Equation
The Darcy-Weisbach equation describes the pressure drop for fluid flow. It uses
the Darcy friction factor to account for losses due to friction in the presence of
both laminar and turbulent flow. The Darcy-Weisbach is described in equation
A.17 below. Where αP is a factor to convert SI units Pa to mm Hg.
∆P = λ · L
DH
· ρ$
2
2
αP (A.17)
A.2.1 Pressure drop for annulus channel
Substituting equations A.6, A.10 and A.16 into A.17 we get an equation for the
pressure drop over a annulus conduit of length L.
∆P = λ · L
DH
· ρ$
2
2
αp (A.18)
=
64ηpi (rout + rin)
2ρQ
L
(Dout −Din) ·
ρ
2
(
Q
pi (r2out − r2in)
)2
αp
αq
=
8αpηLQ
piαq (rout − rin)3 (rout + rin)
(A.19)
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A.2 Darcy-Weisbach Equation
Equation A.19 exhibits a linear relationship between ∆P and Q leading to the
following form
∆P = RAnnulusQ (A.20)
Where
RAnnulus =
8αpηL
piαq (rout − rin)3 (rout + rin)
(A.21)
In the case of the BiVACOR pump the resistance through the left pump journal
and the right pump sleeve are give as
RL =
8 · 7.5× 10−3 · 3.3× 10−3 · 10.5× 10−3
pi60× 103 (25.1× 10−3 − 25× 10−3)3 (25.1× 10−3 + 25× 10−32) (A.22)
RL = 220.1 (A.23)
RR =
8 · 7.5× 10−3 · 3.3× 5−3 · 5× 10−3
pi60× 103 (13.2× 10−3 − 13× 10−3)3 (13.2× 10−3 + 13× 10−32) (A.24)
RR = 25.1 (A.25)
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Appendix B
BiVACOR Pump Parameters
Both the shaft driven prototype of the BiVACOR device and the magnetic levi-
tation prototype are referred to throughout the thesis. The physical parameters
of this prototype are presented below.
• Shaft Driven Prototype – B.1
• Magnetic Levitation Prototype – B.2
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Parameter Value
Common Parameters
ρ 1050 kg m−3
η 3.3× 10−3 Pa · s
Left Impeller
rLout 25× 10−3 m
rLin 0× 10−3 m
Left Journal Section
rLAout 25.1× 10−3 m
rLAin 25× 10−3 m
` 10.5× 10−3 m
Right Impeller
rRout 13× 10−3 m
rRin 0× 10−3 m
Right Sleeve Section
rRAout 13.2× 10−3 m
rRAin 13× 10−3 m
` 5× 10−3 m
Step Face
rSFout 25× 10−3 m
rSFin 13× 10−3 m
Table B.1: System parameters for BiVACOR pump
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Parameter Value
Magnetic Bearing
Stator Height 21.5 mm
Stator Material S45C Iron
Coil Turns 276 turns/pole
PM flux density N45
PM Thickness 3 mm
Magnetic Bearing Rotor Target
Outer Diameter 49.5 mm
Inner Diameter 27 mm
Thickness 2 mm
Magnetic Bearing Position
rmb 19.2 mm
φmb,u 0
o = 0 rad
φmb,v 120
o = 2pi
2
rad
φmb,w 240
o = 4pi
2
rad
Eddy Current Sensor Position
rs 19.2 mm
φs,1 62
o = 1.0821 rad
φs,2 154
o = 2.6878 rad
φs,3 206
o = 3.5954 rad
φs,4 332
o = 5.7945 rad
Motor
Stator Height 12 mm
Stator Diameter 50 mm
Stator Material S45C Iron
Poles 6
Motor Rotor Target
Outer Diameter 49.5 mm
Inner Diameter 27 mm
Thickness 2 mm
PM flux density N45
PM Thickness 1 mm
Table B.2: Physical parameters of the magnetic levitation system components.
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Appendix C
Statistical Analysis of Model
Fitting
There was a number of model that were fitted to empirical data in this project.
Plots and histograms of the residual are shown below for the various fitting stud-
ies.
• Leakage Flow Model – Figure C.1
• Axial Force Model – Figure C.2
• Magnetic Bearing Force Model – Figure C.3
• Motor Force Model – Figure C.4
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Figure C.1: Leakage flow model fitting residual. (a) Distribution plot of the
residual; (b) Histogram of the residual.
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Figure C.2: Axial hydraulic force model fitting residual. (a) Distribution plot of
the residual; (b) Histogram of the residual.
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Figure C.3: Magnetic bearing axial force model fitting residual. (a) Distribution
plot of the residual; (b) Histogram of the residual.
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Figure C.4: Motor force model fitting residual. (a) Distribution plot of the resid-
ual; (b) Histogram of the residual.
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Appendix D
Numerical Simulation
Parameters
Many of the parameter values used in the simulation can be determined theo-
retically from the target hemodynamics. These calculated values are denoted as
‘fixed’ values as they will be determined theoretically will not be subjected to
optimisation.
The most obvious of the fixed values is the systemic resistance, which can be
easily determined from the target pressures and flows.
SVR =
80× (MAP− CVP)
CO
SVR =
80× (95− 5)
5.6
SVR = 1285 dyn · s · cm−5
Rsys = 0.964 mm Hg · s ·ml−1
In addition to the resistance of the systemic system, the compliance can also be
determined by analysing the arterial elastance.
Ea =
PES,Ao
SV
(D.1)
Ea =
115
80
(D.2)
Ea = 1.44 (D.3)
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D.1 Literature Review Model Vascular Parameters
Although analysis to determine the effective arterial elastance have previously
been presented by Sunagawa et al. (1985) and Chen et al. (1998), the systemic
vascular models by these authors is based on the Windkessel Models. The deriva-
tion proposed by these authors was modified to suit the different structure of the
vascular model. The resulting equations are used below to determine the theoretic
value for Cart
Ea =
Rtotal
Ts + τart
(
1− e−
Td
τart
) (D.4)
Substituting in the approximation of Ea = 1.44
1.44 =
0.964
0.2 + τart
(
1− e− 0.66τart
) (D.5)
0 = 0.47− τart
(
1− e− 0.66τart
)
(D.6)
This equation can be solved using Newton’s methods to give τart = 0.92.
τart = Cart ×Rart (D.7)
Cart =
τart
Rart
(D.8)
Cart =
0.92
0.964
= 0.96 ml mm Hg−1 (D.9)
(D.10)
D.1 Literature Review Model Vascular Param-
eters
D.2 Simulation Parameter Values
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D.2 Simulation Parameter Values
Pulmonary System Systemic System
Source Element Artery Arterial Venous Aorta Arterial Venous
Cox et al. (2009) R 0.0015 0.023 0.03 0.018 0.79 0.03
C 0.53 - 53 0.53 - 119.7
L 9×10−5 - 9×10−5 9×10−5 - 9×10−5
V0 100 - - 100 - -
Lazzari et al. (2000) R 4.5×10−5 0.11 - 0.014 0.81 0.11
C - 4.8 5 - 1.8 82.5
L 1×10−5 - - 1×10−5 - -
V0 - - - - - -
Korakianitis & Shi (2006b) R 0.002 0.31 0.006 0.003 1.07 0.075
C 0.18 3.8 22 0.08 1.6 22
L 5.2×10−5 0.0017 - 6.2×10−5 0.0017 -
V0 - - - - - -
Goodwin R - 0.11 - 0 1.06 0.09
C 4.29 - 22 0.7 1.8 114
L - - - - 7×10−4 -
V0 50 - 350 140 370 2190
Lim et al. (2010) R - 0.12 0.006 0.2 0.74 0.132
C - 6.67 25 1.25 2.7 110
L - 0.0018 - 0.0022 - -
V0 - 92 132 202 231 3113
Vollkron et al. (2002) R - 0.12 0.045 - 0.9 0.3
C - - - - 0.64 -
L - - - 0.0062 - -
V0 - - - - - -
Sun et al. (1995) R - - - 0.04 1.24 -
C - - - 0.1 0.1 2
L - - - 5×10−4 - -
V0 - - - - - -
PHYSBE R - - - 0 1.237 -
C - - - 1.01 50.56 250
L - - - - - -
V0 - - - - - -
Table D.2: Summary of Published Simulation Parameter Values. R - Resistance
(mm Hg·s ml−1), L - Inertiance (mm Hg·s2 ml−1), C - Compliance (ml·mm Hg−1),
V0 - Inital Volume (ml)
284
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Parameter Value Parameter Value Units
Right Heart Left Heart
Right Atrium Left Atrium
Era,s 0.225 Ela,s 0.45 mmHg ml
−1
Era,d 0.1575 Ela,d 0.2125 mmHg ml
−1
Tricuspid Valve Mitral Valve
Atv 7 Amv 5 cm
2
θtv,max 75 θmv,max 75 degrees
θtv,min 3 θmv,min 3 degrees
Kp,tv 2.9×104 Kp,mv 9×104 rad s−2 mmHg
Kf,tv 45 Kf,mv 40 rad s
−2 mmHg−1
Right Ventricle Left Ventricle
Vmax,rv 400 Vmax,lv 400 ml
Erv,s 0.4 Elv,s 2.8 mmHg ml
−1
V0rv,d 25 V0lv,d 45 ml
Crv,d 2.9 Clv,d 2.9 mmHg
τrv,d 0.0265 τlv,d 0.063 ml
−1
Pulmonary Valve Aortic Valve
Apv 6 Aav 5 cm
2
θpv,max 75 θav,max 75 degrees
θpv,min 3 θav,min 3 degrees
Kp,pv 2.5×104 Kp,av 8.7×104 rad s−2 mmHg
Kf,pv 60 Kf,av 50 rad s
−2 mmHg−1
Pulmonary System Systemic System
Pulmonary Artery Aorta
Rpa 9×10−3 Rao 0.01 mm Hg ml−1 s
Cpa 1.79 Cao 0.1 ml mm Hg
−1
Lpa 5×10−5 Lao 2×10−5 mm Hg ml s2
Pulmonary Arterial Systemic Arterial
Rpat 0.08 Rsat 0.954 mm Hg ml
−1 s
Cpat 3.8 Csat 0.96 ml mm Hg
−1
Lpat 0 Lsat 0 mm Hg ml s
2
Pulmonary Venous Systemic Venous
Rpvn 0.0024 Rsvn 0.1 mm Hg ml
−1 s
Cpvn 22 Csvn 180 ml mm Hg
−1
Lpvn 0 Lsvn 0 mm Hg ml s
2
Table D.3: Numerical simulation parameters – Healthy case.
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Appendix E
Additional Physiological
Controller Results
In addition to the results presented in the section 6.4.2, more hemodynamic
results of the physiological controller tests are presented in this appendix.
• Figure E.1 shows results for the long-term controller test.
• Figure E.2 shows results for the short-term controller test.
• Figure E.3 shows results for the critical event controller test.
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Figure E.1: The effect of the physiological controller on the mock circulation loop.
Systemic pressures, (a) no controller, (b) LTC enabled; Pulmonary pressures, (c)
no controller, (d) LTC enabled; System flows, (e) no controller, (f) LTC enabled.
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Figure E.2: The effect of the physiological controller on the mock circulation loop.
Systemic pressures, (a) LTC enabled, (b) LTC and STC enabled; Pulmonary
pressures, (c) LTC enabled, (d) LTC and STC enabled; System flows, (e) LTC
enabled, (f) LTC and STC enabled.
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Figure E.3: The effect of the physiological controller on the mock circulation
loop. Systemic pressures, (a) LTC and STC enabled, (b) LTC, STC and CEC
enabled; Pulmonary pressures, (c) LTC and STC enabled, (d) LTC, STC and
CEC enabled; System flows, (e) LTC and STC enabled, (f) LTC, STC and CEC
enabled.
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